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Light and ultrasound are both non-ionizing radiations, ideal for biomedical applications.
Recent studies on combining ultrasound and light for biomedical imaging show new promises
in improving imaging quality and/or providing complementary imaging contrast. Among
a variety of the imaging modalities that simultaneously use ultrasound and light, this work
focuses on optical detection of tissue responses to acoustic radiation force (ARF). The
applications include optical shear wave elastography and ultrasound modulated optical
tomography.
The first half of the thesis provides a systematic study on tracking shear waves in optical
turbid media using CCD-based laser speckle contrast analysis. The theory, simulation and
experiment are developed and cross-validated. The simulation quantitatively relates CCD
speckle contrast signal with shear waves, providing useful information to understand the
underlying physics. In addition, multiple shear waves are tracked using laser speckle contrast
detection. Results show that two counter-propagating shear waves produce a modulation
pattern in the optical signal, and the modulation pattern was suggested by simulation as a
result of the dual shear wave interference. Shear wave speed measurements in phantoms
suggest that the dual shear wave approach is more accurate than the single shear wave
approach as that the standard deviation of the speed measurement is reduced by a factor of at
least 2. The the dual shear wave approach also provides a reduced boundary effect. Both
factors suggest that the dual shear wave approach should improve the accuracy of elasticity
measurements.
In the second half of the thesis, instead of detecting ARF response in the late phase, the
study is motivated by detecting ARF response in the early stage for enhancement of ultrasound
modulation of light. A pilot study on incorporating perfluorocarbon-based phase change
contrast agent with ultrasound modulated optical tomography is explored. To understand the
phase transition process, a quantitative measurement of acoustic nanodroplet vapourisation is
vi
developed. A preliminary result also showed that a single ultrasound burst can simultaneously
vaporise the nanodroplets and sonify the converted microbubbles to provide additional
ultrasound modulation of light. This additional light modulation was shown to increase the
laser speckle contrast signal detected on a CCD camera.
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Chapter 1
Introduction
Beyond computed tomography (CT), positron emission tomography (PET), and magnetic
resonance imaging (MRI), ultrasound and optical imaging are the two commonly used
biomedical imaging techniques that are unique in their advantages of being real-time, eco-
nomical and nonionising. Ultrasound imaging provides submillimeter spatial resolution with
a depth capable of imaging deep organs, such as the liver and kidney. The contrast comes
from acoustic impedance mismatch, primarily revealing the tissue structures. Other than this,
contrast that is useful for diagnosis of early diseases may be provided by optical imaging. For
instance, absorption of light is related to haemoglobin concentration and oxygen saturation
of haemoglobin, optical scattering characterises the size of optical scatterers, e.g. cell nuclei,
and polarisation of light provides information about anisotropic tissue components, e.g.
collagen and muscle fibers. In addition, measurement of optical absorption, optical scattering
and fluorescence as a function of wavelength provide biochemical information related to the
molecular content [1]. A challenge in optical imaging is the rapid degradation of imaging
resolution with depth due to strong scattering of light in tissue. Within the ballistic regime,
where photons are most likely to propagate forward, imaging resolution is fundamentally de-
termined by the optical diffraction limit. For example, optical coherence tomography (OCT)
has an imaging resolution down to 1 micrometer at an imaging depth of 1-2 millimeters [2].
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Beyond that, light propagation falls into the diffusive or quasi-diffusive regimes, and the
imaging resolution rapidly degrades to centimeter-scale at centimeter depths [3].
Combining the good spatial resolution of ultrasound with the excellent contrast of light
provides promise for deep tissue imaging in optical quasi-diffusive or diffusive regime [4].
Both photo-acoustic tomography (PAT) [5, 6] and ultrasound modulated optical tomography
(UOT) [7, 8] are candidates for such hybrid imaging. In UOT, a focused ultrasound beam
intersects with diffuse light. In a simple form of reconstruction, only the photons passing
through the ultrasound focus are considered to be modulated by the ultrasound, and the
intensity of the ultrasound modulated light is used to derive the optical absorption and
scattering properties within the ultrasound focus. Through tagging light by ultrasound,
optical contrast may be obtained up to 9 centimeters depth with 1 millimeter resolution
within an optical scattering medium [9].
On the other hand, the recent development of tissue elasticity measurement adds new
contrast to both ultrasound and optical imaging [10]. For instance, in vitro and in vivo
studies have shown carcinomas and fibroadenoma are several times stiffer than normal breast
tissue [11]. Although there are several ways to derive tissue elasticity from a measurable
physical quantity [12], shear wave elastography is considered to be a rapid, robust, and
quantitative method which does not suffer from boundary effects [13]. Although shear wave
elastography was initially known as an ultrasound elastography method, similar to many other
elastography methods, shear wave elastography has begun to incorporate optical detection.
To date, shear waves have been measured by optical coherence elastography (OCE) [14].
The elasticity contrast obtained from OCE adds complementary information to the optical
contrast obtained from OCT. However, the limited imaging depth of OCT/OCE underlines
the need for a dual-contrast imaging in the diffusive optical regime.
To meet this challenge, it was shown in a parallel thesis [15] that laser speckle contrast
detection of the acoustic radiation force response before and after shear wave propagation
3simultaneously provides optical contrast, based on ultrasound modulated optical tomography,
and mechanical contrast, based on shear wave elastography. These dual contrasts were
obtained at 2 centimeters depth in tissue-mimicking phantoms with a spatial resolution up
to 1 millimeter. This thesis focuses on the fundamentals and improvements of shear wave
tracking with laser speckle contrast detection. A method to improve the sensitivity of UOT
is also proposed and preliminarily studied using phase-change contrast agents. The overall
goal of this thesis is to improve the dual-contrast imaging system and develop an appropriate
simulation tool.
In the next chapter, the fundamentals and competitor techniques to the dual contrast
imaging system are reviewed. The first section emphasises the physics explaining the origin
of shear waves and their propagation, as well as the relationship between shear wave speed
and elasticity. The second part reviews current shear wave elastography systems, including
ultrasound detection, OCT detection and representative innovative shear wave excitation
methods. The principle of ultrasound imaging and OCT are also reviewed prior to the
introduction of their applications in shear wave detection. Finally, ultrasound modulated
optical tomography is reviewed.
The third chapter reports tracking shear wave propagation in turbid media by laser speckle
contrast analysis. The theory is described, and a Monte Carlo simulation of light shear wave
interaction is developed. Simulation and experiments on tissue-mimicking phantoms show
tracking of shear waves at the phantom surface and at depth as well as multiple shear waves
interacting within the object. The relationship between speckle contrast value and shear wave
amplitude is also investigated.
The fourth chapter provides a detailed study on dual shear wave induced laser speckle
contrast signals and improvements in shear wave speed measurement. When two counter-
propagating shear waves interact within the diffuse light field, a modulation of CCD speckle
contrast difference is observed and simulation reproduces the modulation pattern, suggesting
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its origin. Both experimental and simulation results show that the dual shear waves approach
improves the definition of temporal features in the time-of-flight optical signal and improves
the signal-to-noise ratio with a standard deviation less than half that of individual shear
waves. Results also show that dual shear waves can correct the bias of shear wave speed
measurement caused by shear wave reflections from elastic boundaries.
In the fifth chapter, the study moves to perfluorocarbon-based nanodroplets. The motiva-
tion is to study the feasibility of acoustically vaporising nanodroplets and simultaneously
sonicating the converted microbubbles, as opposed to purely sonicating tissue scatterers, to
increase the signal intensity of ultrasound modulated optical tomography. A fundamental
study on the perfluorocarbon-based nanodroplets is first conducted, e.g. to understand the
nanodroplet vapourisation and quantify the microbubble conversion. Then a preliminary
result on the laser speckle contrast detection suggests that a single ultrasound burst can
vaporise nanodroplets, sonify the converted microbubbles, and deliver acoustic radiation
force to provide additional modulation of light.
At the end of the thesis, contributions of this thesis and future work are summarised in
the sixth chapter.
Chapter 2
Background and fundamentals
In this chapter, the fundamentals, background and techniques related to the work in this
thesis are reviewed. In the first section, the basics in elasticity measurement and shear
waves are reviewed, including derivation of the elastic wave equation, derivation of the
shear wave equation, and an analytic solution to the elastic wave equation and shear wave
equation. The analytic solution is used to simulate the acoustic radiation force (ARF) response
and shear wave propagation in chapter 3. In the second part, two competitor shear wave
detection techniques, ultrasound shear wave elastography and shear wave optical coherence
elastography (OCE), are reviewed. Ultrasound modulated optical tomography (UOT) is also
reviewed, and review of current challenges in UOT is provided, leading to the nanodroplet
study in chapter 5.
2.1 Elasticity and shear waves
Shear waves are elastic waves that oscillate in an elastic medium perpendicularly to the
propagation direction. To understand the origin of shear waves and how shear waves
propagate in elastic media, the fundamentals of elasticity and elastic waves are reviewed
below, starting from the derivation of the elastic wave equation.
6 Background and fundamentals
2.1.1 Elastic wave equation
To derive the elastic wave equation, we start from the derivation of equation of motion. The
derivations are previously reviewed in a number of publications and lecture notes [ 16, 17].
They are re-organised and present below.
Equation of motion
Imagining an abstract particle or element of a continuous solid (or fluid) with a surface area
S and a volume V , the force balance equation may be written as
f⃗net = f⃗s+ f⃗b, (2.1)
where the net force is equal to summation of the force acting on the surface S and the body
force acting on the volume V . fs can be described by an integration of the traction vector
over S,
f⃗s =
∫
S
T⃗ (⃗n)dS, (2.2)
where the traction T⃗ (⃗n) is the force per unit area acting on a small part of S with a normal
vector n⃗, exerted either by internal force from the neighboring elements or by external
forces acting on the boundary of the continuum. Gravity acting on mass is a representative
body force, which can be expressed as an integration of the product of local density ρ and
gravitational acceleration g⃗ over the volume V ,
f⃗b =
∫
V
ρ g⃗dV. (2.3)
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Using the same integral form, the net force can be expressed using local acceleration a⃗ based
on Newton’s second law,
f⃗net =
∫
V
ρ a⃗dV. (2.4)
Substituting Equation 2.2- 2.4 into Equation 2.1, the force balance equation can be rewritten
as,
∫
V
ρ a⃗dV =
∫
S
T⃗ (⃗n)dS+
∫
V
ρ g⃗dV. (2.5)
In Cartesian coordinates, the traction vector can be represented using index notations as
T⃗i(⃗n) =
3
∑
j=1
σi j · n⃗ j, (2.6)
where σi j is the stress in the jth direction acting on a cross-section with a normal vector i.
According to the divergence theorem, integration over the surface equals the integration of
the divergence over the volume,
∫
S
3
∑
j=1
σi j · n⃗ jdS =
∫
V
∇ ·
3
∑
j=1
σi jdV. (2.7)
Therefore the force balance equation can be rewritten as
∫
V
(
∇ ·
3
∑
j=1
σi j +ρ g⃗−ρ ∂
2⃗u
∂ t2
)
dV = 0, (2.8)
in which the acceleration a⃗ is replaced by the second temporal derivative of displacement.
The equation holds for arbitrary volumes, and therefore the integrand equals to zero. This
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results in the equation of motion in a solid (or fluid) continuum,
∇ · σ⃗ +ρ g⃗ = ρ ∂
2⃗u
∂ t2
, (2.9)
or,
∇ · σ⃗ = ρ ∂
2⃗u
∂ t2
, (2.10)
if the body force is absent and the particle is away from the motion generation source.
Note that σ⃗ is the stress tensor (see Equation 2.17) and ∇ is the divergence operator,
resulting in a three-vector ∇ · σ⃗ whose components are the divergence of the three rows of
the stress tensor. Although the equation of motion is derived from the Newton’s second law,
it fundamentally differs with the classic Newton’s law in that it has a temporal derivative of
momentum as well as a spatial derivative of force. This, in particular, says that acceleration
at a point is not necessarily related to the stress at that point but more related to the spatial
derivative of the stress at that point. As will be shown in the next section, the spatial derivative
of stress is considered to be the origin of motions.
Stress and strain
Strain is a quantity that describes the change in shape of matter. Imagine a particle located at
l at a reference time t0 that is displaced to l(t) at time t, the displacement u(l, t) describes the
change in particle location during time t− t0. Now considering another particle originally
located at l +∆l, the displacement during t− t0 can be expressed using the Taylor series
expansion as u(l +∆l) = u(l)+ T1∆l + T2(∆l)2 + ...+ Tn(∆l)n, where Tn is the nth order
Taylor series expansion coefficient. Strain is defined as ∆u = u(l+∆l)−u(l). When strain
is small, the second and higher order terms in the expansion maybe neglected, and the strain
becomes ∆u = u(l+∆l)−u(l) = T1∆l = J1∆l, where J1 is called the deformation gradient
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tensor, describing the change of displacement in full space.
J1 =

∂ux
∂x
∂ux
∂y
∂ux
∂ z
∂uy
∂x
∂uy
∂y
∂uy
∂ z
∂uz
∂x
∂uz
∂y
∂uz
∂ z
= ∇u⃗. (2.11)
For a rigid continuum, J1 describes both deformation and rotation. One may separate the two
effects by dividing J1 into two terms as,
J1 = ∇u⃗ = e⃗+ r⃗
=
1
2
[∇u⃗+(∇u⃗)T ]+
1
2
[∇u⃗− (∇u⃗)T ].
(2.12)
The first term,
e⃗ =

∂ux
∂x
1
2
(
∂ux
∂y
+
∂uy
∂x
)
1
2
(
∂ux
∂ z
+
∂uz
∂x
)
1
2
(
∂uy
∂x
+
∂ux
∂y
)
∂uy
∂y
1
2
(
∂uy
∂ z
+
∂uz
∂y
)
1
2
(
∂uz
∂x
+
∂ux
∂ z
)
1
2
(
∂uz
∂y
+
∂uy
∂ z
)
∂uz
∂ z
 , (2.13)
or expressed using index notation as,
ei j =
1
2
(
∂ui
∂x j
+
∂u j
∂xi
), (2.14)
is symmetric (ei j = e ji) and is referred as the strain tensor. The second term,
r⃗ =

0
1
2
(
∂ux
∂y
− ∂uy
∂x
)
1
2
(
∂ux
∂ z
− ∂uz
∂x
)
1
2
(
∂uy
∂x
− ∂ux
∂y
) 0
1
2
(
∂uy
∂ z
− ∂uz
∂y
)
1
2
(
∂uz
∂x
− ∂ux
∂ z
)
1
2
(
∂uz
∂y
− ∂uy
∂ z
) 0
 , (2.15)
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or expressed using index notations as,
ri j =
1
2
(
∂ui
∂x j
− ∂u j
∂xi
), (2.16)
is asymmetric (ri j =−r ji) and referred as the rotation tensor. Assuming a cube is deformed
without volume change,
∂ux
∂x
=
∂uy
∂y
=
∂uz
∂ z
= 0, Figure 2.1 shows the deformations in the
x-y plane with only a strain tensor present (⃗r = 0) and the deformations in the x-y plane with
only a rotation tensor present (⃗e = 0).
Fig. 2.1 Schematic of deformation without volume change: r⃗ = 0, change in shape without
rotation (a); e⃗ = 0, rotation without shape change (b).
Stress is defined as the force per unit area, and the stress tensor is a vector that describes
the complete stress state acting on a continuum. Considering an object of arbitrary shape,
three orthogonal planes are required to describe the surface that encloses the volume. For
instance, a complex surface S may be divided into many small fractions with unit area, and
each of those fractions can be assumed to be a plane, whose shape and position are described
by the projections on the orthogonal planes. For a fractional Si, the force acting on it can
be decomposed into three orthogonal directions, e.g. x, y, z, and Si can be decomposed onto
three orthogonal planes, e.g. x− y, x− z, and y− z. Therefore, a description of the complete
stress state requires a three-by-three vector:
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σ =

σx
σy
σz
=

σxx σxy σxz
σyx σyy σyz
σzx σzy σzz
 , (2.17)
where σ is the stress tensor, and σx, σy, σz are stress components projected onto the three
orthogonal planes. The stress tensor can also be expressed using index notation as σi j,
denoting the stress in the jth direction acting on the plane with a normal vector i.
Elasticity
Elasticity is a term describing the tendency to deform. Elastic tensors or elastic moduli
describe the complete elastic properties of a medium. In a purely elastic medium, stress is
linear with strain based on Hooke’s law,
σi j =
3
∑
m=1
3
∑
n=1
Ci jmnemn, (2.18)
where σi j is the stress tensor, emn is the strain tensor, and Ci jmn is the elastic tensor, which
conceivably has 81 (9× 9) independent entries but in fact only has at most 21 independent
elastic constants due to some symmetries. In an isotropic medium, where the elastic properties
are independent of direction, the elastic tensor further reduces to be dependent on only two
independent constants, e.g. the Lame constants, λ and µ , as,
Ci jmn = λδi jδmn+µ(δimδ jn+δinδ jm), (2.19)
where δ is the Kronecker delta symbol, having a value of 1 if two indexes are equal, or 0
otherwise. Substituting Equation 2.19 into Equation 2.18 yields the stress-strain relationship
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as a function of the Lame constants for an isotropic purely elastic medium,
σi j = λδi j
3
∑
i=1
eii+2µei j. (2.20)
The Lame constants are also often used to describe elastic modulus. For example,
shear modulus describes the medium’s response to shear stress, and the Lame constant µ is
also referred as the shear modulus, defining the half ratio between shear stress and strain,
µ = σi j/2ei j(i ̸= j). The stiffness of a medium is in direct proportion to the shear modulus.
For fluids where shear stress is not applicable, µ = 0.
Young’s modulus describes the medium’s response to an uniaxial stress, e.g. compress-
ing or pulling apart a cylinder at both ends. Young’s modulus is determined by the ratio
of uniaxial stress to the resulting uniaxial strain, and can be described in terms of Lame
constants as E = µ(3λ +2µ)/(λ +µ). Possion’s ratio describes the ratio between lateral
contraction/extension to longitudinal extension/contraction. With the Lame constants, Pos-
sion’s ratio is defined as ν = λ/2(λ + µ). Another important elastic modulus is the bulk
modulus, describing the medium’s response to an uniform pressure. It is a measure of the
incompressibility of a material, which is defined by the ratio between the uniform pressure
and the resulting volume change. With the Lame constants, bulk modulus can be calculated
by K = λ +
1
3
µ .
Elastic wave equation
With the stress-strain relationship in Equation 2.18 and the equation of motion in Equation
2.9, a general elastic wave equation can be derived as below. In an isotropic purely elastic
medium, the stress and strain are related in a simpler form in Equation 2.20. For brevity, the
body force is assumed to be not present or away from the source, and the equation of motion
reduces to Equation 2.10. Substituting Equation 2.20 into Equation 2.10 and applying the
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product rule yields
ρ
∂ u⃗2i
∂ t2
= [∇ ·σi j]i
=
[ ∂
∂x j
(λ
3
∑
i=1
eiiδ j j +2µei j)
]
i
=
[ ∂
∂xi
(λ
3
∑
i=1
eii)+
∂
∂x j
(2µei j)
]
i
=
[
λ
∂Ei
∂xi
+Ei
∂λ
∂xi
+2µ
∂ei j
∂x j
+ e j
∂µ
∂x j
]
i
(2.21)
where ∑3i=1 eii is replaced by symbol Ei. The second and fourth term are related to the
gradient of Lame constants. In a homogenous medium, the gradient of Lame constants are
zero, and Equation 2.21 becomes
[∇ ·σi j]i =
[
λ
∂Ei
∂xi
+2µ
∂ei j
∂x j
]
i. (2.22)
Equation 2.22 may also hold when the wavelength is small compared with the scale length
of the variations in Lame constant. Then, replacing the strain in the second term of Equation
2.22 by displacement using Equation 2.14 yields,
[∇ ·σi j]i =
[
λ
∂Ei
∂xi
+µ
∂
∂x j
(
∂ui
∂x j
+
∂u j
∂xi
)
]
i, (2.23)
and each term in 2.23 can be rewritten in terms of displacement as,
λ
∂Ei
∂xi
= λ

∂
∂x
(
∂ux
∂x
+
∂uy
∂xy
+
∂uz
∂xz
)
∂
∂y
(
∂ux
∂x
+
∂uy
∂xy
+
∂uz
∂xz
)
∂
∂ z
(
∂ux
∂x
+
∂uy
∂xy
+
∂uz
∂xz
)

= λ∇(∇ · u⃗),
(2.24)
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[µ
∂
∂x j
(
∂ui
∂x j
)]i = µ

∂ 2ux
∂x2
+
∂ 2ux
∂y2
+
∂ 2ux
∂ z2
∂ 2uy
∂x2
+
∂ 2uy
∂y2
+
∂ 2uy
∂ z2
∂ 2uz
∂x2
+
∂ 2uz
∂y2
+
∂ 2uz
∂ z2

T
= µ∇2⃗u
= µ(∇(∇ · u⃗)−∇× (∇× u⃗)),
(2.25)
[µ
∂
∂x j
(
∂u j
∂xi
)]i = µ

∂
∂x
(
∂ux
∂x
+
∂uy
∂xy
+
∂uz
∂xz
)
∂
∂y
(
∂ux
∂x
+
∂uy
∂xy
+
∂uz
∂xz
)
∂
∂ z
(
∂ux
∂x
+
∂uy
∂xy
+
∂uz
∂xz
)

T
= µ∇(∇ · u⃗).
(2.26)
Note that the vector identity, ∇2ξ = ∇(∇ ·ξ −∇× (∇×ξ )), is used in the last equality
of Equation 2.25. Finally, substituting Equation 2.24 - 2.26 into Equation 2.23 produces
the elastic wave equation for homogeneous isotropic elastic media,
ρ⃗¨u = (λ +2µ)∇(∇ · u⃗)−µ∇×∇× u⃗. (2.27)
The first term is related to the divergence of displacement, representing compression waves.
The second term is related to the curl of displacement, representing shear waves.
2.1.2 Shear wave equation
The Helmholtz theorem states that a vector that is continuous and rapidly decaying in three
dimensions can be decomposed into an irrotational (curl-free) vector field and a solenoidal
(divergence-free) vector field. Therefore, the displacement in the elastic wave equation can
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be expressed using two term as
u⃗ = ∇ ·Φ+∇×Ψ, (2.28)
in which the first term is the gradient of a scalar potential, whose curl is zero, representing
the compression waves causing a change of volume without rotating the continuum, and the
second term is the curl of a vector potential, whose divergence is zero, representing shear
waves causing a rotation of continuum without a volume change. Then, the divergence of
displacement becomes,
∇ · u⃗ = ∇ ·∇Φ+∇ ·∇×Ψ= ∇2Φ, (2.29)
and the curl of displacement becomes,
∇× u⃗ = ∇×∇Φ+∇×∇Ψ=−∇2Ψ. (2.30)
Substituting Equation 2.28 - Equation 2.30 into Equation 2.27 yields (note that −∇2Ψ=
∇× (∇×Ψ)−∇(∇ ·Ψ) and ∇ ·Ψ= 0 ),
ρ
∂
∂ t2
(∇ ·Φ+∇×Ψ) = (λ +2µ)∇(∇2Φ)−µ∇×∇× (∇×Ψ)
= (λ +2µ)∇(∇2Φ)−µ[∇(∇ · (∇×Ψ))−∇2(∇×Ψ)]
= (λ +2µ)∇(∇2Φ)+µ∇2(∇×Ψ),
(2.31)
and re-organising Equation 2.31 gives,
∇[(λ +2µ)∇2Φ−ρ ∂
2Φ
∂ t2
] =−∇× (µ∇2Ψ−ρ ∂
2Ψ
∂ t2
). (2.32)
One way to solve Equation 2.32 is to set the terms in both brackets to zero. Then the
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scalar potential satisfies,
∂ 2Φ
∂ t2
=
λ +2µ
ρ
∇2Φ, (2.33)
and the vector potential satisfies,
∂ 2Ψ
∂ t2
=
µ
ρ
∇2Ψ. (2.34)
Both Equation 2.33 and Equation 2.34 fall into a general form of wave equation,
∂ 2P
∂ t2
=
c2∇P, where P denotes the displacement potential, and c denotes the speed of wave. There-
fore, the speed of compression waves can be described using the Lame constants as,
vp =
√
λ +2µ
ρ
, (2.35)
and the speed of shear waves can be described using the shear modulus as,
vs =
√
µ
ρ
. (2.36)
In shear wave elastography, the shear wave speed in tissue is measured and then converted to
the shear modulus using Equation 2.36 for stiffness characterisation. Note that the above
derivation is only valid for isotropic homogenous purely elastic medium without a body force.
In a realistic medium, the compression waves and shear waves are not necessarily decoupled.
Using the Green’s function, one solution to the elastic wave equation is given by [18], which
analytically expresses the tissue impulse response generated by an infinite short point-like
external force:
gi j (⃗r, t) = g
p
i j (⃗r, t)+g
s
i j (⃗r, t)+g
ps
i j (⃗r, t), (2.37)
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
gpi j (⃗r, t) =
1
4πρcp
1√
2πνpt
γiγ j
1
r
exp(
(t−τ)2c2p
2νpt )
gsi j (⃗r, t) =
1
4πρcs
1√
2πνst
δi j− γiγ j
r
exp( (t−τ)
2c2s
2νst )
gpsi j (⃗r, t) =
1
4πρ
(3γiγ j−δi j) 1r3 (I
p+ Is)
(2.38)
where g ji is the displacement in the jth direction generated by the force in the ith direction,
gpi j is the compression wave term, g
s
i j is the shear wave term, g
ps
i j is a term representing the
coupling of compression waves and shear waves in near-field due to viscosity, cp and cs are
the speed of the compression waves and shear waves, νp and νs are the compression viscosity
and shear viscosity, r =
√
x21+ x
2
2+ x
2
3, and the direction the unitary vector r⃗ pointing to is
given by e⃗r = (γ1,γ2,γ3) with γ1 =
xi
r
. Ip and Is in gpsi j (⃗r, t) are two substitutes given below,

Ip =
t
2
{erf( cpt√
2πvpt
)− erf(
cp( rcp − t)√
2πvpt
)}
+
vpt√
2πcp
{exp(− c
2
pt
2
2vpt
)− exp(−c
2
p(
r
cp−t)2
2vpt
)}
Is =
t
2
{erf( cst√
2πvst
)− erf(cs(
r
cs
− t)√
2πvst
)}
+ vst√2πcs{exp(−
c2s t
2
2vst
)− exp(−c
2
s (
r
cs−t)2
2vst
)}
(2.39)
in which erf denotes the error function. With the impulse response given above, the tissue
response to an arbitrary force, e.g. acoustic radiation force, can be deduced with the
superposition principle,
u(⃗r,τ) =
∫
dτ
∫∫∫
f (ξ ,τ)g(r−ξ , t− τ)dξ , (2.40)
where f (ξ ,τ) is the temporal profile and spatial distribution of the force.
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2.1.3 Elasticity measurement
A mapping of tissue elasticity is refered to as elastography. Tissue elasticity can be measured
in a number of ways, and all of them involve generating some forms of tissue deformation
and detecting the tissue deformation with an appropriate detection method. The simplest
way is to compress or stretch a sample and measure the linear or quasi-linear stress-strain
relationship provided by a small deformation to derive the elastic modulus from Hooke’s
law, e.g. using Equation 2.20. Although this approach is simple and quantitative, it is
only applicable to ex vivo tissue samples. Alternatively, only strain is measured in vivo and
displayed as a qualitative indicator of tissue elasticity in early elastography techniques [19].
A quantitative tissue elasticity measurement can be provided by measuring the dynamic
tissue deformations. One approach is to measure the temporal and spatial derivative of tissue
displacement and derive the elastic modulus from the Helmholtz equation in Equation 2.33
and 2.34. Another way is to measure shear wave propagation in tissue and derive elastic
modulus from shear wave speed using Equation 2.36. The latter approach is called shear
wave elastography, which is thought to be a rapid, robust and quantitative method that has
been developed rapidly in recent years.
Tissue deformation, including both strain and shear waves, can be induced either exter-
nally by compressing skin and deforming the tissue beneath, or internally using the acoustic
radiation force (ARF). ARF is a force resulting from the momentum transfer from ultrasound
to tissue when ultrasound waves are attenuated, e.g. absorbed, reflected or scattered, in
tissue. The direction of ARF is the same as the direction of ultrasound propagation, and
the magnitude is related to the amplitude of ultrasound, ultrasound attenuation coefficient
and the intersected volume between ultrasound and the attenuating region in tissue [20, 21].
ARF can be delivered into tissue using amplitude modulated ultrasound [22] or an intense
ultrasound burst [23], and the ARF generated by a focused ultrasound can be regarded as a
localised force that only deforms tissues within the ultrasound focal region.
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2.2 Shear wave detection using ultrasound
This section reviews ultrasound elastography, with a focus on shear wave elastography. The
principle of ultrasound imaging and ultra-fast ultrasound imaging are reviewed first, prior to
the introduction of their applications in shear wave imaging. Selected innovative shear wave
excitation methods are also reviewed.
2.2.1 Ultrasound imaging
Ultrasound imaging is based on pulse-echo timing. A short pulse, typically consisting of a
half to a few cycles depending on the imaging depth and ultrasound frequency, is transmitted
from a transducer, and the echoes generated as a result of the interaction of ultrasound with
tissue, e.g. reflection and scattering of ultrasound due to an acoustic impedance mismatch
between different tissue structures, are received on the same transducer. The contrast of
ultrasound imaging primarily comes from the acoustic impedance mismatch. An envelope
detection of the received echoes reveals how large the acoustic impedance mismatch is, and
the time elapsed between the transmitted pulses and the received echoes reflect the depths of
targets.
In the early days, an A-scan line was produced by using a single element transducer with a
geometrical focus to transmit and receive along a focal line. Later on, B-scans were produced
by mechanically sweeping or rotating the transducer (depending on the scan format), and a
B-mode image was formed by splicing multiple A-lines. Most of the commercial ultrasound
systems today still produce B-mode images in the “line-by-line” mode, however, instead of
mechanically moving a single element transducer, transducer arrays that consist a number of
small, discrete transducer elements are used to perform electrical scans with the capability
of dynamic focusing on both transmission and receive. The transmit focusing is needed as
the imaging resolution is primarily determined by the width of beam. The receive focusing
enables multiple channel data to contribute to a focal line in such a way that the echo data
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from multiple channels are delayed and summed to improve the signal-to-noise ratio. The
corresponding architecture in a commercial ultrasound system is the dedicated hardware
beamformer supplying the necessary time delays for focusing. For instance, one way to
implement a dynamic receive focusing at two locations along an A-line in Figure 2.2 [24] is
to sample at dynamic sampling rates on each channel. Consequently, the data acquired on
each channel is aligned to one another, and a summation of all channel data produces the final
beamformed line that is stored or streamed in real time. Although dynamic receive focusing is
achievable with one transmission, dynamic transmit focusing, often used to improve imaging
resolutions along a A-line, requires multiple transmissions, reducing the frame rate by the
number of transmissions applied. Even without a dynamic transmit focusing, imaging at a
depth up to 12 cm in tissue with 128 focal lines would result in a frame rate no more than
50 frames per second. During the time between two frames, shear waves may have already
propagated several millimeters or centimeters away (shear wave speed typically ranges from
1 to 10 m/s in soft tissues), indicating the frame rate of the conventional line mode imaging
is not adequate for large field shear wave imaging.
2.2.2 Ultra-fast ultrasound imaging
Scanning line by line was the only way in which real-time ultrasound imaging was imple-
mented. This is due to the restrictions of hardware beamformers, and conceptually, because
the line mode imaging is a heritage of the concept of echolocation in sonar [25]. With the
development of new scan formats and beamformers, an ultrasound imaging frame may be
formed with only one or a small number of transmits, increasing the frame rate by up to 2
orders of magnitude. An acquisition sequence that enables large field imaging at kilohertz
frame rate range may be referred to as ultrafast ultrasound imaging.
Although the terminology and some methods of ultrafast ultrasound imaging were
proposed three decades ago, e.g. through acousto-optical encoded beamforming [26], analog
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Fig. 2.2 Schematic of dynamic receive focusing: channel delays for a near target (a); channel
delays for a deep target (b). The figure is adopted from [24]
parallel beamformers [27–30], analog [31, 32] and digital [33–36] time-reversal processors,
and using non-diffraction beams [37–39] and limited-diffraction beam weightings [40–42], it
was not translated out of research laboratories until recently by using software beamforming
technologies, e.g. the proprietary pixel oriented reconstruction [43]. Unlike conventional
ultrasound imaging using tight focal lines, plane waves are typically transmitted to sonify the
entire region of interest and use the same returning backscattered signals to form an image
in ultrafast ultrasound imaging. The principle of plane wave imaging is analogous to the
principle of holography [25]. Once the backscattered sounds are recorded on a transducer
array, they can be time-reversed and re-emitted into a simulated medium. These time-reversed
waves would refocus at the point from which they were originally scattered, and such a
time-reversal process can be exercised in a numerical model of the propagation medium,
e.g. with a given speed of sound, to create a virtual image of the distribution of scatterers.
This method is often referred to as parallel receive beamforming or software beamforming.
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Figure 2.3 [44] illustrates the principle of parallel receive beamforming, in which an
Fig. 2.3 Principle of parallel receive beamforming: transducer sonifies the medium with a
plane wave transmission (A); the backscattered RF data are received and stored (B); the
image is formed by applying time delays and summations to the same RF data set (C). The
figure is adopted from [44].
image is formed with one plane wave transmitted, and the pixel intensity is derived from
the backscattered signals following the process below. Figure 2.4 (A) [44] depicts the path
length of a plane wave starting from transmitting origin to a point scatterer and finally to a
receiving element. The round-trip time-of-flight is given by
τ(xn,x,z) = τt + τr =
z+
√
z2+(x− xn)2
c
, (2.41)
where xn is the position of the nth element in azimuth direction, τt and τr are the time-of-flight
of the forward and backward ultrasound propagation, and c is the speed of sound. For each
pixel in the image, the following reconstructions, sometimes referred as beamforming, takes
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Fig. 2.4 Schematic of pathlengths of plane waves, in which the time-of-flight for the
straight forward propagating plane wave is z/c0 in the forward propagation and r/c0 =√
z2+(x− xn)2/c0 in backward propagation (A), and the time-of-flight for the tilted plane
wave is (zcosα + xsinα)/c0 in the forward propagation and r/c0 =
√
z2+(x− xn)2/c0 in
the backward propagation. The figure is adopted from [44]
place. The beamformed data is proportional to [24]:
P(x,z) = f (t)∗h(t)
na
∑
n=1
en(t− τ0− τ(xn,x,z)), (2.42)
where en is the received signal on element n, h(t) is the spatial impulse response of the
element, which is typically a sinc function of the element size, acoustic wavelength, and
depth, and f (t) is the round-trip transducer response, represented by the convolution of
excitation pulse, ft(t), transmit impulse response, gt(t), and receive impulse response, gr(t)
as f (t) = ft(t)∗gt(t)∗gr(t). In Equation 2.42, all channel data is first aligned to the data
received on the element with the shortest distance to the reconstructed pixel (τ0 = 2z/c)
and then summed together to be the beamformed data for that pixel. The envelope of the
beamformed data is taken as the pixel intensity. The intensity is usually compressed in
post-processing to increase the dynamic range of contrast.
Although imaging with a single plane wave transmission allows the highest imaging
frame rate that is fundamentally limited by the round-trip ultrasound traveling time, the
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Fig. 2.5 Experimental comparison of plane wave, compounded plane wave and conventional
ultrasound imaging: a CRIS resolution phantom (a) and the ultrasound B-mode imaging
using a single plane wave transmission (b); 7 steered plane wave transmissions (c) and 128
focus wave transmissions (d). Unit: acoustic wavelength.
lateral imaging resolution is reduced compared with the conventional focal line imaging.
This is because ultrasound imaging is a two-way process. Although the receive resolution
can be always good by applying dynamic receive focusing, the transmit resolution is poor
because a signal plane wave sonifies the entire region of interest. As an attempt to overcome
this limitation, the concept of virtual dynamic transmit focusing (originally proposed in
[45]) is applied to ultrafast ultrasound imaging, where multiple plane waves tilted at various
angles are transmitted, and a coherent summation of them synthesises the dynamic transmit
focus at all imaging depths [44]. With both dynamic transmit and receive focusing, the
multi-angle compounded plane wave imaging may produce even better imaging quality than
the conventional focal line imaging (see Figure 2.6 and discussion below). In addition, the
images can be acquired at an ultrafast imaging frame rate. A discussion on the differences
in contrast and resolution obtained using different type of transmissions is given in [44,
46, 47]. Figure 2.5 compares the ultrasound images of a CRIS resolution phantom (CIRS,
Norfolk, VA) using single plane wave transmission, multi-angle plane wave transmissions
and conventional focal line transmissions (focused at the depth of red window)acquired
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on a fully programmable research ultrasound system (Verasonics, Kirkland, WA) using a
linear array, L11-4v, (Verasonics, Kirkland, WA) transmitting at 6.25 MHz. It shows that
the 7-angle compounded plane wave imaging indeed produces a comparable lateral image
resolution to the 128 focal line imaging around the focal zone and a better lateral imaging
resolution out of the focal zone (Figure 2.6). This indicates that multi-angle compounded
plane wave imaging has an improved uniformity of imaging resolution than the conventional
focal line imaging. However, the single plane wave imaging shows an degraded lateral
imaging resolution.
Fig. 2.6 Line profile of the 5 point targets within the red window (top) and the point target
within the black window (bottom) in Figure 2.5, acquired using single plane wave imaging
(a,d), 7 steered plane wave compounded imaging (b, e) and 128 focal line imaging (c,f); the
results were averaged over 10 pixels along the axial direction within the windows.
2.2.3 Shear wave detection by ultrasound
Shear wave propagation displaces ultrasound scatterers. If ultrasound pulse-echoes are
transmitted and received at an adequate pulse repetition rate, displacement of shear wave
is fully encoded in the received backscattered signals. Once the acquired echo data is
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beamformed using Equation 2.42, each beamformed line contains information about the
depths of the scatterers along that line for the time at which the RF data is acquired. One
way to detect shear wave displacement is to cross-correlate successive beamformed RF lines.
The peak position of the cross-correlation function indicates the round-trip time shift due to
the shear wave displacement. The time shift ∆t is related to the velocity of the scatterer vs, or
temporal derivative of the shear wave displacement as [48],
2vs
1
fp
= c∆t. (2.43)
where c is the speed of sound and fp is the ultrasound pulse repetition rate. The formula
for cross-correlation is discrete, where the beamformed lines are divided into many segmen-
tations. The segmentations may be neighbouring, but in general they are overlapped for a
spatial smoothing. The size of a segmentation is comprised between the axial resolution and
accuracy of shear wave detection. At a given depth, the simplest form of cross-correlation of
two consecutively acquired segments is:
Rˆ(n, i) =
1
N
N−1
∑
j=0
e( j+ iN)e′( j+ iN+n), (2.44)
where e and e′ are two consecutively acquired beamformed lines, i is the segment number
corresponding to a depth, j is the sample number in the segment, N is the number of sample
in a segment, and n is the lag in the cross-correlation function. The range of n determines
the range of velocities that can be detected. If n ranges from −N to N, the largest and
minimum detectable velocity are vmax = (c/2) · ( fp/ fs) ·N, and vmin = c/2 · ( fp/ fs), where
fs is the sampling rate of RF data. Once the largest cross-correlation is found,n is related to
the time delay by ∆t = n/ fp. If the data acquisition is fast, e.g. using ultrafast ultrasound
acquisitions at kilohertz frame rate, the velocity of scatterers can be assumed to be constant
over a few acquisitions, and the time delay between consecutive lines stays the same. Then
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the signal-to-noise ratio of the cross-correlation can be improved by averaging over a number
of acquisitions by
Rˆ(n, i) =
1
N(m−2)
m−2
∑
k=1
N−1
∑
j=0
ek( j+ iN)ek+1( j+ iN+n), (2.45)
in which k is the acquisition number and m is the number of acquisition over which the
averaging is conducted. In fact, the signal received is dominated by echoes backscattered
from stationary objects, and they may be removed by subtracting adjacent lines to leave
only the signals useful for the cross-correlation operation [49]. Then the cross-correlation
function can be further modified as,
Rˆ(n, i) =
1
N(m−2)
m−2
∑
k=1
N−1
∑
j=0
[ek+1( j+ iN)− ek( j+ iN)][ek+2( j+ iN+n)− ek+1( j+ iN+n)].
(2.46)
Figure 2.7 shows an example of shear waves detected using ultrafast ultrasound acquisi-
tions with a frame rate of 10,000 frames per second on the Verasonics research ultrasound
system. A 128 element linear array L7-4 (ATL, Bothell, WA) was used to generate and detect
the shear waves on a CIRS elasticity phantom ( 2.7(a)). The shear wave was generated by
the acoustic radiation force delivered by a 200 µs (1000 cycle at 5 MHz) focused ultrasound
burst. The “push beam ” was transmitted using 32 elements, after which 50 single cycle shear
wave imaging pulses were transmitted to track the shear wave propagation. The backscattered
signals of the imaging pulses were received on all 128 elements and beamformed using the
Verasonics proprietary pixel oriented reconstruction [ 43]. Since the reconstructed data are
complex numbers representing the demodulated baseband in-phase/quadrature (IQ) data
containing the phase information, the crosscorrelation of successive acquisitions for shear
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Fig. 2.7 Example of shear waves detected using ultrafast ultrasound acquisitions: (a)-(d)
shows propagation of shear waves generated by a 200 µs acoustic radiation force, where the
acquisition time of each image is marked. Unit: acoustic wavelength (0.3 mm).
wave imaging is implemented using a slightly different formula [50]:
vs =
cts fs
2
tan−1
{∑M−1m=0 ∑N−2n=0 [Q(m,n)I(m,n+1)− I(m,n)Q(m,n+1)]
∑M−1m=0 ∑
N−2
n=0 [I(m,n)I(m,n+1)+Q(m,n)Q(m,n+1)]
}
2πλs+ tan−1
{∑M−1m=0 ∑N−2n=0 [Q(m,n)I(m+1,n)− I(m,n)Q(m+1,n)]
∑M−1m=0 ∑
N−2
n=0 [I(m,n)I(m+1,n)+Q(m,n)Q(m+1,n)]
} , (2.47)
in which I and Q are the in-phase and quadrature pairs of IQ matrices, M and N are the
number of samples in a segment and the number of acquisitions averaged in the cross-
correlation function, ts and fs are the sampling period and pulse repetition rate of shear wave
imaging pulses, and λs is the wavelength represented by a single RF sample, e.g. λs is 1/4 if
the sampling rate is 4 times the centre frequency of an imaging pulse. Once the shear wave
imaging is acquired as a function of time, the shear wave speed cs can be calculated to derive
the shear modulus using Equation 2.36.
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2.2.4 Methods of shear wave imaging using ultrasound
Previously, external mechanical vibrators were used to generate transient shear waves which
were then detected by ultrasound to provide quantitative tissue elastography [36]. This
method is often referred to as transient elastography in the literature. Coherent plane wave
compounding was later applied to the transient shear wave elastography to improve the
robustness of shear wave detection [44]. A physical limitation of transient elastography is the
limited shear wave insonicating region. The shear waves generated at surface by an external
vibrator may not reach the entire region of interest internally due to the spatial directivity
of shear wave propagation, limiting the scope of clinical applications. A solution is to use
acoustic radiation force as a virtual source [13, 51, 52], in which shear waves are generated
remotely at a selected region within tissue by focusing relatively intensive long ultrasound
burst there. Generating shear waves by acoustic radiation force adds a great flexibility in
selecting the region of interest in shear wave elastography, however, it does not help with
extending the size of imaging region until the development of supersonic shear wave imaging
[18].
Supersonic shear wave imaging
In supersonic shear wave imaging, a number of ultrasound push beams are successively
transmitted and focused at multiple depths in tissue within a short period of time. Compared
with the speed of shear wave propagation, the push beams are moved so fast that the
shear wave source is considered to be moving at a supersonic speed. As a consequence,
the generated shear waves constructively interfere, creating a quasi-plane wave. In three-
dimensions, the quasi-plane wave front forms a Mach cone. The angle of the Mach cone is a
sinusoidal function of the ratio between shear wave speed and the speed of the push beam
movement. Figure 2.8 shows the principle and images of supersonic shear wave imaging
(the figure is adopted from the original paper [18]). Compared with a single push, the
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quasi-plane wave generated by multiple push beams sonifies a larger region, extending the
shear wave imaging region in the axial direction. In addition, the constructive interference
of multiple shear waves increases shear wave amplitude, allowing shear waves to propagate
further away, extending the size of imaging region in the lateral detection. Another advantage
of supersonic shear wave imaging is that multiple quasi-plane shear waves can be generated
at different steering angles by adjusting the pulse repetition rate of the push beams, or, in
other words, the speed of push beam movement. Similar to multi-angle compounded plane
wave imaging, the shear wave speed measured from each steered quasi-plane shear wave may
be averaged to produce multi-angle compounded shear wave elastography. As evidenced
in [18], the compounded shear wave elastography shows an improved robustness in tissue
elasticity measurement. A challenge in supersonic shear wave imaging and all other acoustic
radiation force based shear wave imaging methods is that shear wave velocity can not be
estimated within the push beam due to the absence of shear waves, leading to a blind region.
Although the acoustic radiation force induced displacement can be still measured within the
push beam, and the shear wave modulus may be derived from the shear component of the
Helmholtz decomposition in Equation 2.34 using an inverse method, the elasticity estimation
will not be accurate. This is because the Equation 2.34 is derived without an external source,
e.g. the acoustic radiation force, or derived assuming an external force is applied far away
from the source, which is not applicable in the region of the push beam. On the other hand,
considering the external source (push beams) in derivation is challenging because the shape
and amplitude of acoustic radiation force is dependent on the local attenuation of ultrasound,
which is unknown. As a consequence, the shear modulus will be overestimated using the
inversion method. Motivated by overcoming this limitation, comb-push ultrasound shear
elastography was developed [53].
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Fig. 2.8 Principle and example image of supersonic shear wave imaging: schematic of
supersonic shear wave generation, in which the source moves rapidly along the beam axis,
creating two plane shear waves (left); an image frame of the generated supersonic shear
waves (right). The figure is adopted from the original paper [18], and the size of field of
view of the right figure is around 6 cm.
Comb-push ultrasound shear elastography
A simple and straightforward way to cover the blind region in shear wave elastography
is to sequentially generate multiple shear waves at different locations. Combining those
shear wave acquisitions produces synthetic full field of view shear wave elastography with
a compromised frame rate. The reduced frame rate may cause tissue motion artifacts in
elastography, and therefore it can not provide a measurement of dynamic changes in tissue
mechanical properties, e.g. during relaxation of muscles.
As opposed to successively generating shear waves at multiple depths in supersonic
shear wave imaging, comb-push shear wave elastography generates multiple shear waves
simultaneously at different locations along the lateral direction. Figure 2.9, which is adopted
from the original paper [53], shows a schematic of the comb-push beam pattern and a time
evolution of the generated shear wave propagation. “Comb-push” is named after the fact
that the multiple push beam pattern is comparable to comb teeth. With the comb-push, the
blind region within each push beam is covered by the propagating shear waves generated
by adjacent push beams. In addition, combining results of all shear waves produces a large
field of view, overcoming another well-known challenge in shear wave elastography, that is,
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Fig. 2.9 Schematic of comb-push beams formed by transmitting unforced push from subgroup
1, 3, 5, 7 and 9 simultaneously (a); the generated particle axial velocity at the time when shear
waves are generated (b); the particle velocity plot when the shear waves begin to propagate
towards left and right (c); the particle velocity plot when the right-propagating wave front
from the subgroup 1 merges with the left-propagating wave front from the subgroup 2 (d).
The color bar is in units of mm/s. The figure is adopted from the original paper [53].
the significant shear wave attenuation in areas that are far away from the shear wave source.
In comb-push shear elastography, a directional filter has to be used in post processing to
separate the shear waves propagating in each direction. In [ 53], the directional filters were
operated by selecting the corresponding diagonal quadrants after a 2D Fourier transform of
the shear wave field. The result showed that the comb-push shear elastography provided a
good contrast and an accurate elasticity mapping in an inclusion phantom without suffering
from boundary artifacts [53]. Later on, the imaging depth of comb-push shear elastography
was improved by transmitting focused comb-push beams into deep regions [54]. The imaging
depth can be further improved by matching successive focal push beams, allowing a larger
transmit aperture to be used in each push beams [54]. It will be interesting to study the
effect of generating a supersonic comb-push. Combing supersonic shear wave imaging with
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comb-push shear elastography may further increase the robustness of shear wave imaging
and the field-of-view in the axial direction.
The supersonic shear wave imaging and comb-push shear elastography are two practically
useful shear wave elastography methods using innovative shear wave excitation schemes.
The supersonic shear wave imaging has been commercialised on the Aixplorer ultrasound
system (Supersonic imagine, Aix-en, France), and the comb-push shear elastography is
currently in the process of commercialisation (personal communication with Song, the first
author of [53, 54]).
Electromechanical wave imaging
Beside supersonic shear wave imaging and comb-push shear elastography, electromechanical
wave imaging is another practically useful imaging method that tracks the spreading of
intrinsic mechanical waves in body without the active generation of shear waves.
Electromechanical wave imaging is a method to detect early heart disease. Although an
electrocardiogram (ECG) is the most common way to detect a heart abnormality, it does not
show the location of the abnormality. Studies have shown a linear relationship between the
electrical activation and myocardium contraction. When a heart is electrically activated along
a desired route, the myocardium contraction generates a dynamic strain that is detectable by
ultrasound. The spreading of the strain is an electromechanical wave, and electromechanical
wave propagation is thought to be correlated with the spreading of electrical activations in
myocardium [55]. Similar to shear wave imaging, the electromechanical waves are mapped
by cross-correlation of consecutive ultrasound backscattered signals. Since the contraction
strain associated with the electromechanical wave is small (< %0.25) and the speed of
electromechanical wave is fast (0.5-2 m/s) [55], ultrafast ultrasound acquisition is required
for electromechanical wave imaging. Figure 2.10, adopted from the original paper [55],
shows the electromechanical wave propagation in a healthy and fibrillation canines heart
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Fig. 2.10 Electromechanical wave propagation in a healthy and fibrillation canine heart
during pacing in the four chamber apical view. RV, LV and LAT denote right ventricle,
left ventricle and lateral wall. The electromechanical wave was initiated in the right part
of the lateral wall (b) and propagated toward the apex, followed by the spectrum (b-e) and
right-ventricular wall (f). The figure is adopted from the original paper [55] and the color
represents the strain where the red color denotes the motion towards the source.
during pacing in the four chamber apical view. In the healthy heart, the electromechanical
wave was initially activated in the right lateral wall and then propagated toward the apex,
septum and right ventricular wall. In contrast, there was no organised electromechanical
wave propagation observed in the fibrillation heart. Recent progress on the development of
electromechanical wave imaging are reported, e.g. in [56–58].
2.3 Shear wave detection using OCT 35
2.3 Shear wave detection using OCT
Shear wave imaging for elasticity measurement using optical coherence tomography (OCT,
reviewed in Appendices) is still in the early state of development. To date, there are 10
papers published in total, reporting 4 different shear wave detection systems [ 59–62] and 5
different shear wave excitation methods [63–67]. The feasibility of shear wave detection
in OCE was first studied in [59] using swept-source OCE. The difference of phase maps
with and without shear waves were acquired to represent shear wave displacements. It
was the first time that shear wave propagation was detected by an OCE system, although
another report was published around the same time using a slightly different system, phase-
stabilised swept source OCT [61]. Later on, the same group reported a further study on
shear wave imaging in inhomogeneous tissue mimicking phantoms and ex-vivo carotid artery
samples [68]. Shear wave propagation was also detected by extracting phase information
from spectral interferograms at a higher A-line acquisition rate (47 kHz) [63]. The phase
differences between successively acquired A-lines were used to derive depth-resolved shear
wave displacement. Shown in Figure 2.11, adopted from the original paper [63], is an
example of the shear wave field visualised by the phase-sensitive OCT. In addition, shear
waves were imaged by analysing the variation of pixel intensities over time using en f ace
images acquired by full-field OCT [59]. Since the imaging region was close to the sample
surface in the measurement, the shear waves detected were thought to be coupled with
surface acoustic waves, and the shear wave speed was derived from the speed of the measured
coupling waves from a relationship predicted by simulation in [59]. One advantage of shear
wave imaging with full field OCT is that a high resolution 2D en f ace image can be acquired
in one shot, offering the possibility of a real-time volumetric shear wave imaging for 3D
quantitative elastography.
In early shear wave OCE studies, continuous shear waves were generated either internally
using acoustic radiation forces [60, 68] or externally using an mechanical actuator [61, 62].
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Fig. 2.11 Shear waves detected by the phase-sensitive OCT in a homogeneous phantom. The
stimulation tip is a mechanical vibrator driven by a piezoelectric actuator at 5 kHz sine waves.
Px is the selected shear wave propagation direction in the phantom. The colors represent the
phase of the wave, where the red and blue denote the motions towards to and away from the
OCT light source. The phase image is overlaid onto the B-scan structural image (grey image),
with the lower transparency for the higher amplitude of motion. This figure is adopted from
the original paper [63].
Later studies migrate to non-contact generation of transient shear waves to localise shear
waves in time and space. Transient shear waves were generated either through a low-
amplitude short-duration air-puff load [65] or acoustic radiation forces [64] and the supersonic
shear wave method [59]. Although generating shear waves by acoustic radiation force is
a non-contact method, potentially reducing discomfort for patients, e.g. in ophthalmic
examinations, the ultrasound transducer was arranged in a transmission geometry in all
studies [59, 60, 62, 64]. The air-puff load was arranged in a reflection geometry, which is
more clinically useful, however, in the same way as other methods that generate shear waves
externally from the sample surface, the surface motion induced by the air-puff load may
cause artifacts in shear wave displacement detection. This is because the phase difference of
OCT signals between two successive acquisitions is caused not only by the displacement
of a scatterer at a given depth. The surface motion also contributes to the measured phase
difference because the surface motion changes the mean refractive index in the sample beam
as a result of the different refractive indexes between the sample and the medium in the
sample arm. In [62], the phase difference due to the change of refractive index by surface
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motion was measured to compensate for the phase difference due to shear wave displacement
measured underneath the surface.
Fig. 2.12 Shear wave displacement generated by a chirp coded excitation (a), where the red
and blue represent the motions towards to and away from the OCT light source; shear wave
displacement detected at a spatial point over time (b); shear wave displacement shown in
(a) after pulse compression (c); shear wave displacement in (b) after compression (d). The
figure is adopted from the original paper [66].
Besides supersonic shear wave full-field OCE [59], another innovative shear wave excita-
tion method in OCE is pulse compression using coded shear wave excitations [66]. The pulse
compression was first introduced in radar detection [69] and later extended to ultrasound
imaging [70]. The motivation is to spread a large instantaneous excitation power over a
long period of time while simultaneously maintaining the resolution and improving the
signal-to-noise ratio through a pulse compression of the detected signals. Since shear waves
are highly attenuated in tissue, pulse compression was implemented in [66] to improve the
signal-to-noise ratio of shear wave OCE. The shear waves were generated by an actuator
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through a 8 ms chirp burst containing 1-5 kHz. The pulse compression was achieved by
autocorrelating the measured shear wave displacement. Shown in Figure 2.12, which is
adapted from the original paper [66], are the shear waves generated by chirp excitation before
and after pulse compression. Results showed a 12.8 dB increase in signal-to-noise ratio after
pulse compression. Results also showed that the pulse compression method compressed
shear waves spatially and temporally. The compressed shear wave pulse simplified the
reconstruction of the shear modulus mapping in heterogeneous medium, e.g. by reducing
the artifacts in shear wave time-of-flight measurements due to the interference between the
forward and reflected shear waves. Recently, coded excitation is improved by replacing the
external mechanical excitation by internal non-contact excitation using amplitude modulated
acoustic radiation force [67].
2.4 Ultrasound modulated optical tomography
Ultrasound modulated optical tomography (UOT) aims to improve the resolution of optical
imaging that is reconstructed using the diffusive light traversing through tissue. A typical
UOT set-up is shown in Figure 2.13 in which a focused ultrasound beam modulates the
light that passes through the focal region, and the ultrasound modulated light is detected
to form an optical image with the resolution of the spatial resolution determined by the
ultrasound beam. The lateral resolution of UOT is primarily determined by the waist of the
ultrasound focus, and the axial resolution can be achieved either using a short ultrasound
pulse together with synchronised pulsed optical illumination or by exciting frequency swept
bursts and subsequent application of the Fourier transformation to extract the frequency
encoded spatial information. Over the past two decades, many efforts have been made to
study and improve UOT from different aspects. This section provides a reviews of UOT, in
which the mechanisms of ultrasound modulation of light and the corresponding modeling
methods are first introduced, and selected optical detection and ultrasound excitation methods
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are reviewed. The theory and laser speckle contrast detection reviewed are extended to shear
wave detection in chapter 3 and chapter 4.
Fig. 2.13 A typical UOT system.
2.4.1 Mechanisms of ultrasound modulation of light
Three mechanisms are thought to be responsible for ultrasound modulation of light. When
ultrasound propagates in tissue, the acoustic pressure periodically alters tissue density during
the compression and rarefaction phases. Consequently, the spatial distribution of light
absorbers and scatterers are modulated by ultrasound, leading to a variation of light intensity
received on a detector due to the change in optical properties. The periodical density change
also results in a periodic alteration of optical refractive index, modulating photon phase within
the isonified area [4]. In addition, ultrasound generates scatterer displacement, providing
additional phase modulation as a result of the periodical alteration of light path length. The
light modulation in the first mechanism may be recorded as a modulated light intensity
using either a coherent or incoherent light [71–73], although the sensitivity of the intensity
detection is generally low [4]. Detecting the phase modulation owing to the second and third
40 Background and fundamentals
mechanisms relies on the use of a coherent light. It is thought to be a more sensitive way to
detect the ultrasound modulated light as the phase modulation can be accumulated through
multiply-scattering of light in tissue. Up to date, coherent light is used as the light source
in most of the UOT studies. The relative contributions of the refractive index variation and
scatterer displacement to the ultrasound modulated optical phase was modeled in [74, 75].
The modeling approaches are briefly summarised below.
2.4.2 Modeling approaches
The ultrasound modulated light intensity owing to the first modulation mechanism was
modeled analytically in [76]. The review below focuses on modeling ultrasound modulation
of optical phase in response to the second and third modulation mechanisms.
Analytic model
An analytic model of ultrasound modulated light phase in response to optical scatterer
displacement was given in [77]. The model was later extended by adding in the effect
of refractive index in [74], in which a homogeneous scattering medium is assumed to be
isonified by a plane ultrasound wave. The auto-correlation function of a multiply scattered
light can be written as,
G(τ) =
∫ ∞
0
ρ(s)⟨E(t)E∗(t+ τ)⟩tds, (2.48)
where E(t) is the scalar electric field of light, ρ(s) is the probability density function of
a scattering path length s, and the symbol ⟨⟩t denotes averaging over time. Assuming the
scattering medium has a mean free path l, a photon can be thought to be scattered s/l times
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along a specific path length s. Then ultrasound contributes to the autocorrelation function by,
⟨E(t)E∗(t)⟩t = ⟨exp{−i[
s/l+1
∑
j=1
∆φn j(t,τ)+
s/l
∑
j=1
∆φn j(t,τ)]}⟩t , (2.49)
where ∆φn j(t,τ) is the phase change induced by ultrasound modulation of refractive index
during time t and t + τ along the jth free path, and ∆φd j(t,τ) is the phase change induced
by ultrasound modulated displacement of the jth scatterer during time t and t + τ along
the same free path. With the assumption that the phase change is much smaller than the
coherence length, the phase change owing to the the variation of refractive index, ∆φn j , can
be expressed by,
φn j(t) =
∫ l j
0
k0∆n(⃗r j−1,s j,θ j, t)ds j, (2.50)
where l j is the length of the jth free path, k0 is the wave number of light, ∆n is the variation
of refractive index, r⃗ j is the location vector of the jth scatterer, s j is the fractional distance
along the jth free path, and θ j denotes the angle from the ultrasound vector to the optical
vector along the jth free path. The variation of refractive index,∆n(⃗r j−1,s j,θ j, t), is related
to the ultrasound wave as,
∆n(⃗r j−1,s j,θ j, t) = n0ηkaAsin(⃗ka · r⃗ j−1+ kas jcosθ j−ωat), (2.51)
where n0 is the original refractive index without isonification, A is the amplitude of ultrasound,
ka and k⃗a are the ultrasound wavenumber and the wavenumber vector, ωa is the angular
frequency of ultrasound, and η = (∂n/∂ p)ρv2a, represents the tendency of the variation of
refractive index in a medium that is proportional to the acoustic pressure. va stands for the
ultrasound speed in medium. On the other hand, the phase change due to the displacement of
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scatterers, φd j(t), is given by,
φd j(t) =−n0k0(̂⃗k j+1− ̂⃗k j) · A⃗sin(⃗ka · r⃗ j−ωat)), (2.52)
where k̂ j is the unit light vector before the jth scattering event at the jth scatterer r⃗ j, and A⃗
denotes the ultrasound amplitude vector. Substituting Equation 2.50 and 2.52 into Equation
2.49, the autocorrelation function becomes,
G(τ) =
∫ +∞
0
p(s)exp{−(2s/l)(δn+δd)[1− cos(ωat)]}ds, (2.53)
where δn and δd are two substitutes representing the contributions from refractive index
variation and scatterer displacement respectively. With some assumptions described below,
δn is analytically expressed as a function of the ultrasound wavenumber ka and mean free
path length l, and δd is derived as a constant 1/6 in [74]. The analytic expression of δn in
[74] indicates that the phase modulation due to the change of refractive index increases with
ka, and beyond a critical point, ka = 0.559, δn becomes larger than δd , and the ultrasound
modulated refractive index becomes the dominate effect in ultrasound modulation of light.
As mentioned above, two assumptions were made in deriving Equation 2.53 [74]: weak
scattering - i.e. the wavelength of light is small compared with the mean free pathlength, and
weak modulation - i.e. the ultrasound amplitude is small compared with the wavelength of
light. The weak scattering assumption cancels out the summation of light originating from
different scattering pathlengths in Equation 2.53, and the weak modulation assumes light
comes across the same scattering events regardless the presence or absence of ultrasound.
The above two assumptions greatly simplify the calculation of the autocorrelation function
described by Equation 2.53. The autocorrelation function may be further simplified by
carrying out the integration in Equation 2.53 with a known probability density function of
the scattering pathlength, ρ(s). Assuming a coherent light illuminating a scattering slab of a
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thickness L and the transmitted light is received on a point detector, ρ(s) is derived from the
diffusion theory with a zero-boundary condition in [78]. Substituting the ρ(s) into Equation
2.53, the autocorrelation function can be further derived as,
G(τ) =
(Ll )sinh{
√
ε(1− cos(ωaτ))}
sinh(Ll )
√
ε(1− cos(ωaτ))
, (2.54)
with ε = 6(δn+δd)(n0k0A)2. Due to the periodic ultrasound modulation, the frequency of
modulated light is shifted by the ultrasound frequency to a side band that is symmetrical to
the original light frequency. Therefore, the intensity of ultrasound modulated light can be
calculated based on the Wiener-Khinchin theorem as,
In = S(nω) =
∫ +∞
−∞
G(τ)exp(inωτ)dτ, (2.55)
where nω stands for the fundamental and harmonic ultrasound modulated frequencies. Since
G(τ) is an even periodic function, Equation 2.55 can be rewritten as,
In = S(nω) = 1/T
∫ T
0
G(τ)cos(nωτ)dτ, (2.56)
with T denoting the period of ultrasound. Similarly, the intensity of unmodulated light is
given by,
I0 = S(0) = 1/T
∫ T
0
G(τ)dτ, (2.57)
The ratio between I1 and I0 is defined as modulation depth, which is often used to characterise
the strength of ultrasound modulated light.
Above is a review of the analytic model of ultrasound modulated light in an isotropic
scattering medium isonified with continuously uniform ultrasound. The analytic model is
also generalised to pulsed and non-uniform ultrasound modulation in anisotropy scattering
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medias in [79–82].
Monte Carlo simulation
In mathematical physics, an analytic solution may not be always available, e.g. the proba-
bility density function of scattering pathlength, ρ(s), may not be possible to be expressed
analytically in a complex geometry. An alternative is to provide a numerical solution using
Monte Carlo modeling. In this model, the value of a physical quantity to be determined is
thought to be equivalent to the expected value of a random variable. The random variable is
represented by independent samples that are constructed from random numbers stochastically
generated following the probability distribution of the random variable, and the value of
the quantity to be determined is then determined by ensemble averaging the independent
samples. The Monte Carlo method has been applied to modeling multiply scattered light in
tissue in [83]. Multiple quantities, such as diffuse reflectance and photon spatial probability
distribution, can be determined by modeling the diffused photon trajectory. In Monte Carlo
modeling, the photon trajectory is represented by a large number of independent photon
random walks that are stochastically generated based on the probability distribution of photon
scattering directions and photon propagation free pathlengths. In the Monte Carlo model,
photons are treated as waves at each virtual scatterer and as particles elsewhere. For example,
photon propagation may terminate in a random walk if the photon comes across a light
absorber, whose probability distribution is determined by the optical absorption coefficient
of the medium. Consequently, the photon trajectory is predicted based on both scattering
and absorption properties of medium in a Monte Carlo model. Shown in Figure 2.14 is an
example of Mente Carlo simulation, in which the spatial probability distribution of light is
predicted in a tissue mimicking phantom.
The Monte Carlo model of multiply scattered light was later modified to study ultrasound
modulated light [75], in which the predicted photon trajectory is coupled with ultrasound
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Fig. 2.14 A Monte Carlo simulation of photon spatial probability distribution, in which a
532 nm point source is incident upon a 2.4 cm thick slab with a scattering coefficient of
30 cm−1, anisotropy coefficient of 0.8 and absorption coefficient of 0.2 cm−1. The slab is
infinite long in all other dimensions. A total of 1 million photons were injected in the model.
The projected CCD detection radius on photon exit plane is 6 mm.
through the two modulation mechanisms that are responsible for the light phase change.
Since light propagates much faster than ultrasound, a steady ultrasound field is assumed
during the time-of-flight of light. The autocorrelation function in Equation 2.48 is computed
by ensemble averaging E(t)E∗(t+ τ) as a function of the light phase change in response to
the ultrasound modulated refractive index and optical scatterer displacement calculated at
each time constant for each photon scattering path. Since the Monte Carlo model provides
an ensemble averaged result, a large number of photons usually need to be computed. The
computation time is primarily dependent on the geometry and optical properties of the
medium, and computed with parallel processing, e.g. computing on a graphics processing
unit (GPU), is shown to effectively accelerate the computing process [84]. The Monte
Carlo model developed in [75] cross-validates the analytic model developed in [74]. For
example, it was shown in both models that the phase modulation owing to the refractive
46 Background and fundamentals
index variation increases with the ultrasound wavenumber and becomes the dominate effect
when the wavenumber is beyond a critical point.
2.4.3 Current challenges in UOT
Weak modulation and speckle decorrelation are two primary challenges widely recognised in
UOT. The weak modulation problem occurs in both coherent and incoherent light modulations.
This is because the region in which the light is diffused in tissue is large compared with
the ultrasound focal region. Consequently, only a small proportion of the photons can be
modulated by ultrasound, resulting in a weak modulated light that can be detected outside
of tissue. Furthermore, since the majority of photons are not modulated by ultrasound,
the weakly modulated light sits on top of a large unmodulated background, reducing the
sensitivity and perhaps the dynamic range of the detection. Speckle decorrelation is another
challenge for UOT if a coherent light is used. Besides ultrasound modulated light, the
intrinsic motions in tissue also contributes to the autocorrelation function of light (or a
speckle detected on a detector). For example, the optical scatterers may diffuse as a result of
Brownian motion, and the Brownian motion causes an exponential decay of the correlation
function as [77, 8]
⟨Es(t)E∗s (t)⟩t = exp(−
2ts
τ0l
), (2.58)
where l is the mean free path length, s is a single scattering path, and τ0 = 1/Dk20 is the
relaxation time of a single particle (scatterer), with D denoting the particle diffusion constant
in the medium and k0 denoting the optical wavenumber. In addition to Brownian motion,
blood flow that carries moving scatterers (blood cells) may also decorrelate the speckle. As
an attempt to address these challenges, a number of optical detection methods and ultrasound
excitation schemes have been developed and are reviewed in the next two sections.
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2.4.4 Detection methods in UOT
In this section, selected optical detection methods in UOT are reviewed. They may be
classified as single point detection and parallel detection based on the detector used, or,
time-domain and frequency-domain detection based on how the ultrasound modulated light
signal is extracted. These methods are developed attempting to address the weak modulation
and speckle decorrelation problems in different ways, e.g. by reducing the detection time,
filtering out the unmodulated background or reducing the noise received on a detector.
Fast photodetector with electric filtering
In early studies, UOT signals were detected on a single-point detector such as photodiode
(PD) and photomultiplier tube (PMT). Since both modulated and unmodulated lights are
detected, the modulated signal is extracted by measuring the amplitude of the AC component
using an electronic high-pass filter [7]. In this single-point detection technique, a small
aperture is usually placed before the detector to adjust the speckle size to be matched with
the size of the detector. This is because the speckles formed by the multiply scattered light
are uncorrelated, and the largest modulation depth is obtained when the signal is collected
from a single speckle. However, detecting one speckle may result in a very low light intensity
to be detected. To improve the signal-to-noise ratio, a small number of speckles may be
integrated on the detector, and a compromise is usually made in practice to balance the
improvement of signal-to-noise ratio and the reduction in modulation depth. One advantage
of the single-point detection technique is that the acquisition is fast, and the ultrasound
modulated light can be detected without suffering from the speckle decorrelation effect.
However, the signal-to-noise ratio may be low as a result of the low light intensity offered by
one or a few speckles detected outside of the tissue.
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Parallel detection
One way to improve the signal-to-noise ratio is to increase the light collection efficiency by
parallel detecting multiple speckle grains on an matrix array detector, e.g. charge-coupled
device (CCD) or complementary metal-oxide-semiconductor (CMOS) [7]. Since the speckles
formed by multiply scattered light are uncorrelated, the speckle size should be adjusted to
match with the detector pixel size. Although the light collection efficiency is improved, a
cost to use the imaging detectors is the limited frame rate. While an ultra-fast camera today
may allow a frame rate of thousands of frames per second, it is still not fast enough to capture
the ultrasound modulated frequency at a megahertz scale. An alternative way is to detect the
modulated light using laser speckle contrast analysis [85, 86].
In a steady state, e.g. the scatterers keep still and the refractive index is not changing over
time, the laser speckle pattern formed by the multiply scattered light is stationary. In contrast,
if the scatterers move and/or the refractive index changes over time, the laser speckle pattern
will also move in response to the change in optical phases. In UOT, ultrasound causes such a
speckle pattern movement due to the ultrasound modulated refractive index and ultrasound
induced scatterer displacement. The dynamic speckle pattern present during exposure will
blur the speckle images recorded on the image detector. The degree of blurring can be
characterised by speckle contrast which is correlated with the number of photons that are
modulated by ultrasound. The speckle contrast is defined as the ratio between the first and
second order statistics, or mean pixel intensity over the standard deviation of pixel intensities.
In practice, two images are usually taken with and without ultrasound during an exposure, and
the difference of contrast indicates the strength of ultrasound modulated light. An advantage
of using contrast difference analysis is that the speckle decorrelation effect may be subtracted
out.
To retrieve the ultrasound modulated phase in a parallel detection, an alternative scheme
is proposed using lock-in detection [87]. In parallel lock-in detection, the intensity of light
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source is modulated at the ultrasound frequency. The transmitted light is then required to
be recorded on a minimum of four images that are acquired at various phases relative to the
ultrasound (Figure 2.15). The intensity and phase of the modulated light can be retrieved
Fig. 2.15 Integrated modulated light at different phases with respect to US
from all of the recorded images by,
Iac =
π
NT0
√
2
√
(S1−S3)2+(S2−S4)2, (2.59)
φ = tan−1
S2−S4
S1−S3 , (2.60)
where four images are used here as an example, and S1 = NT0(Idc/4+
√
2Iaccosφ/2π),
S2 = NT0(Idc/4+
√
2Iacsinφ/2π), S3 = NT0(Idc/4−
√
2Iaccosφ/2π), S4 = NT0(Idc/4−
√
2Iacsinφ/2π) are contributions of each image to the calculation with N the number of
recorded images and T0 the individual exposure time, which is up to a quarter of the ultrasound
period in this example. Compared with laser speckle contrast analysis, although the parallel
lock-in detection provides additional information on the ultrasound modulated light phase,
the calculations are for each pixel and hence the multi-frame acquisition process are more
likely to suffer from the speckle decorrelation effect.
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Spectral filtering methods
Since the frequency of ultrasound modulated light is shifted to an optical sideband by
the amount of ultrasound frequency, the modulated light can be selectively detected by
optically filtering out the unmodulated light to increase the sensitivity and dynamic range of
detection [7]. One approach is to use interferometric detection with a confocal Fabry-Perot
interferometer (CFPI), in which the CFPI is tuned to the light frequency plus or minus the
ultrasound modulated frequency, and the background unmodulated light can be efficiently
filtered out. Detecting UOT signals with CFPI tends to be more efficient when light is
modulated to higher frequency side bands, e.g. 15 MHz in [88] or 75 MHz in [89]. At those
high frequencies, ultrasound penetrates less and has a smaller wavelength. Therefore, CFPI
may be best suited for ultrasound modulated optical microscopy which is able to image with
high resolutions at lower imaging depth. Detection with CFPI does not suffer from speckle
decorrelations because the detection is incoherent.
An alternative way to filter out the background unmodulated light is to use a spectral hole-
burning (SHB) crystal [90]. Spectral hole-burning crystal is a rare-earth-ion-doped optical
absorber that has a inhomogeneously broadened two-level atomic energy structure [7]. The
atoms in the crystal absorb the photons that are at their transition energies (wavelengths). If
the light has a sufficiently high power, all atoms at a transition energy may be excited, causing
saturation and transparency to additional photons at that wavelength. In the UOT application,
a high power pumped laser is modulated to the ultrasound sideband using an acousto-optic
modulator. Prior to the UOT measurement, the pumped light is used to excite all of the atoms
having a transition energy equal to the ultrasound modulated light. Since the crystal now
becomes only transparent for ultrasound modulated light, the unmodulated light at another
transition energy will be absorbed and filtered out in the subsequent UOT measurement. The
spectral hole burning detection is an incoherent approach without suffering from speckle
decorrelation, and therefore multiple speckles may be detected simultaneously to increase
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the etendue and signal to noise ratio.
Holographic methods
Beside spectral filtering, another way to increase the sensitivity of ultrasound modulated
light detection is to use holographic methods [7]. One approach is to detect the ultrasound
modulated light by heterodyne holography [91]. In a heterodyne holography, the light
source is split into a reference local oscillator beam and a signal beam illuminating the
sample. The reference beam is modulated at ultrasound frequency using acoustic optical
modulators (AOMs), and it is recombined with the signal beam outside of sample on a CCD
camera. The interference between the ultrasound modulated light and the frequency shifted
reference local oscillator generates a static speckle pattern that can be recorded with the
CCD camera. However, the interference between the unmodulated light and the reference
local oscillator generates a dynamic speckle pattern that moves too fast to be recorded during
a CCD exposure. As a result, the unmodulated speckles are averaged out in the detected
images. When the signal beam Is is in phase with the reference beam Ire f , the speckle
intensity recorded on the detector is given by [92]:
I = Is+ Ire f +
√
IsIre f , (2.61)
in which the last term is the heterodyne gain, indicating the intensity of ultrasound modulated
light. Since the heterodyne gain is depended on both the intensity of the signal beam and
the intensity of the reference local oscillator beam, the strength of the modulated signal
can be boosted by increasing the intensity of the reference beam. To extract the modulated
signal, a number of modifications are made to the set-up described above. For example,
the reference beam can be shifted slightly higher than the ultrasound frequency, e.g. an
additional frequency equals a quarter of CCD frame rate, to allow multiple images to be
recorded with different phases between the signal and reference beams. Then, the UOT
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modulation depth can be calculated on a per-pixel basis using a simple calculation [93]
based on the multiple input images. More recently, harmonic lock-in holography detection
was proposed to detect the scattered light modulated by a single-cycle ultrasound pulse, in
which the frequency of a pulsed laser is shifted to a series of discrete harmonic acoustic
sidebands, which is then locked in with ultrasound and detected on a CCD camera. This
method could cancel the contribution of unmodulated light by an appropriate selection of the
pulse repetition frequency [94, 95].
The heterodyned amplified signal can be also recorded with a large etendue on a single
optical detector. To avoid the modulation depth reduction caused by integrating multiple
uncorrelated speckles on a single detector, a photorefractive crystal is used to reshape the
wavefront of reference beam to be matched with the wavefront of signal beam [96, 97].
Photorefractive crystals have an unique electro-optical property: Their refractive index varies
in response to a spatially non-uniform illumination. In a heterodyne measurement, the signal
beam and reference beam are mixed and interfere within the crystal, and a holographic
refractive index grating is formed as a result of the static speckle pattern formed by the
interference between the ultrasound modulated light and the local oscillator. The refractive
index grating then diffracts the ultrasound modulated light into the reference beam path so
that the phases between the modulated light and reference beam are matched. As a result, the
random phases present in the speckle pattern disappear, and therefore multiple speckle grains
can be integrated on a single detector to achieve a large etendue detection without averaging
out the modulated signal. In recent studies, the refractive index grating formed is also used
to diffract a phase conjugated reference beam to form a time-reversed light that refocus at the
ultrasound focal point [98, 99]. The focused ultrasound acts as guide star, and a light may
be focused at any position deep inside a scattering medium by time-reversing the ultrasound
modulated light.
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2.4.5 Ultrasound modulation schemes
Besides the efforts in developing advanced optical detection methods, new ultrasound mod-
ulation approaches are also developed to improve the strength of modulated light. Several
studies have shown the acoustic radiation force (ARF) that is delivered either by an amplitude
modulated ultrasound [100, 101] or a short intense ultrasound burst [102, 103] can increase
the light modulation depth. The additional light modulation is thought to be provided by the
additional tissue motion generated by the ARF. Compared with the nanometer-scale ultra-
sound displacement, ARF can typically generate micrometer-scale displacements depending
on the amplitude of ultrasound, ultrasound attenuation properties in a sample (scattering,
reflection and absorption), and the intersected volume between ultrasound and the ultrasound
attenuating regions. It was shown in [101] that an approximately 100% improvement in
image contrast, as well as a 40% improvement in spatial resolution as a result of the improved
image contrast were achieved when a 250 Hz amplitude modulated ARF was used. The
modulated light was detected using a CCD-based laser speckle contrast analysis, and the best
result was obtained when the CCD exposure starts 1 ms after launching the ARF (wait to
include the maximum ARF response in exposure) and exposure for 2 ms. On the other hand,
it also showed that shear waves were generated by the acoustic radiation force, and the shear
wave propagation degraded the spatial imaging resolution as a result of the non-local shear
wave modulation of light outside the ultrasound focal region during the CCD exposures.
Therefore, there is a need to reduce the detection time and/or accelerate the acoustic radiation
force response in order to minimise the spatial resolution degradation. Motivated by this,
Chapter 5 proposes to use nanodroplets and microbubbles to increase and accelerate the ARF
response. With a quicker and larger ARF response, the ARF modulated light may be detected
before the shear wave propagates away from the ultrasound focal region and allowing the use
of a shorter CCD exposure time.
The shear wave elastography reviewed in section 2.1 and 2.2 adds a new diagnostic
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contrast for ultrasound imaging. It would be also useful to have the elasticity contrast
added for optical imaging. Although OCE reviewed in section 2.3 provides complementary
information to OCT, the applications may be limited to a depth within the optical ballistic
regime. To probe the dual-contrast in optical diffusive or quasi-diffusive regime, shear waves
are tracked with an UOT system based on laser speckle contrast detection in chapter 3 and
chapter 4. To tackle the current challenges of UOT reviewed in section 2.4, nanodroplets are
studied in chapter 5 as a new contrast agent for UOT.
Chapter 3
Tracking shear waves in turbid medium
by light: theory, simulation and
experiment
This chapter is reproduced with permissions from Sinan Li et al., "Tracking shear waves
in turbid medium by light: theory, simulation, and experiment," Opt. Lett. 39, 1597-1600
(2014).
2014 Optical Society of America. One print or electronic copy may be made for personal
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3.1 Abstract
Shear wave propagation provides rich information for material mechanical characterisation
including elasticity and viscosity. This chapter reports tracking of shear wave propagation
in turbid media by laser speckle contrast analysis. The theory is described and a Monte
Carlo simulation of light-shear wave interaction is developed. Simulation and experiments
on tissue mimicking phantoms agree qualitatively well and show tracking of shear wave at
the phantom surface and at depth, as well as multiple shear waves interacting within the
object. The relationship between speckle contrast value and shear wave amplitude is also
investigated.
3.2 Introduction
Shear waves are mechanical waves oscillating perpendicular to the propagation direction and
have been studied e.g. in earth science for understanding the structure of flow of the Earth
mantle [104], as well as in medicine for tissue mechanical characterisation. For example, the
attenuation and speed of shear waves are related to tissue viscoelastic properties, which in
turn provides an indication of the disease state of the tissue. Methods of tracking shear wave
propagating at cm-scale depth in tissue include the use of ultrasound [105] and magnetic
resonance [106]. Optical observation of tissue response to acoustic radiation force and
associated shear wave generation was previously reported in [107]. This chapter presents
a method to track the shear wave propagation in optically turbid media by laser speckle
contrast analysis.
Part of the experimental method was discussed in [108] where the shear wave speed was
tracked in phantoms of varying elasticity. A coherent green laser, which was the only light
source of a good coherence length available in the lab, was used and the speckle patterns
were received on a CCD camera. Transient shear waves were generated by acoustic radiation
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force a distance away from the laser axis at depth in phantoms. The shear wave was tracked
using the time-resolved CCD speckle contrast difference. An advantage of using contrast
difference analysis is that the speckle decorrelation effect may be subtracted out. In this
Chapter, the theoretical basis of this experimental method is first described, then a Monte
Carlo simulation system is developed for the first time and verified by experiments. Shear
wave imaging at the phantom edge using local speckle contrast analysis is also shown. In
addition, for the first time multiple shear waves are simultaneously observed through speckle
contrast detection, and the relationship between CCD speckle contrast difference and shear
wave amplitude is also studied.
3.3 Theory
Previous theoretical contributions that explain the interaction of ultrasound and (multiply)
scattered light are available in the literature [77, 74, 75], which are briefly reviewed in
section 2.4.2. Generally, two mechanisms are thought to be responsible for the ultrasound
modulation of light: firstly the phase change due to displacement of optical scatterer by
ultrasound; and secondly the phase change due to alteration of the optical refractive index by
the compression and rarefaction waves of ultrasound. However, when light interacts with a
transient shear wave alone, there are two major differences: 1) the shear wave pressure is
small and therefore little alteration of optical refractive index occurs. As a consequence, the
second modulation mechanism may be ignored; 2) the shear wave period is much longer than
the ultrasound period, and is comparable and most likely longer than the light integration
time of the detector. Below describes a framework that can be used to explain the mechanism
of tracking shear wave with CCD speckle contrast analysis.
A stochastic explanation of CCD speckle analysis was provided in [86, 109]. The CCD
speckle contrast is defined by, C = σ/I¯, where σ and I¯ are the standard deviation and the
mean of the CCD pixel intensities. From first and second order statistical analysis and with
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the assumption of spatial ergodicity, the mean speckle intensity I¯ and standard deviation σ
are given as [86],
I¯ = ⟨E(t)E∗(t+ τ)⟩t,ε |(τ=0) (3.1)
σ =
√
⟨[E(t)E∗(t+ τ)]2⟩
t,τ,ε,
, (3.2)
where E denotes for complex optical field at a CCD pixel, E∗ is the conjugate of E, and EE∗
represents the autocorrelation function of E. The symbol <> denotes for averaging over
time t, time derivative τ (incremental fraction of t), and ε , a single realisation of the optical
scatterer distribution.
Considering an optically turbid medium illuminated with a temporally coherent light,
photons can be scattered many times and each one experiences a random physical path before
transmission. Therefore, light received at a CCD pixel consists of many such components
and E(t) can be written in a summation form (without consideration of the polarization effect
for simplicity):
E(t) =
N
∑
i=1
E j(t), (3.3)
in which E j(t) is one of the many partial components and N is total number of the partial
components. Then the autocorrelation function of light can be rewritten as:
⟨E(t)E∗(t+ τ)⟩t =
N
∑
i=1
N
∑
j=1
⟨Ei(t)E∗j (t+ τ)⟩t . (3.4)
For photons traversing the tissue, the optical wavelength is much smaller than the photon
mean free path (hundreds of µm in visible spectrum ( [110]), and the weak scattering
approximation holds. That is to say, photon phase in one scattering path is independent from
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another, and the phase differences between individual photon paths (i ̸= j) are uniformly
distributed through 0 to 2π , leading to cancellation of the cross terms in ⟨E(t)E∗(t + τ)⟩t .
Then the autocorrelation function of light can be simplified and rearranged as:
⟨E(t)E∗(t+ τ)⟩t =
N
∑
i=1
⟨Ei(t)E∗i (t+ τ)⟩t
=
1
N
N
∑
i=1
⟨exp[−i(
N
′
∑
k=1
△ϕik(t,τ))]⟩t , (3.5)
where△ϕik(t,τ) is the optical phase change in the kth free path of the ith partial wave, which
is caused by shear wave modulation of the (k−1)th and the kth scatterer displacement during
time t to (t + τ). The modulation of scatterer displacement results in optical path length
changes between two consecutive scatteres. The kth optical free path length can be calculated
by:
∆r ik(t) = [r ik +uik(t)]− [r i(k−1)+ui(k−1)(t)], (3.6)
where r ik and r i(k−1) are the original positions of the kth and the (k−1)th scatterer, uik(t)
and ui(k−1)(t) are the displacements caused by shear wave propagation. Then the optical
phase variation can be written as:
△ϕik(t,τ) =−nk[∆r ik(t+ τ)−∆r ik(t)], (3.7)
where n is the optical refractive index of medium, k is the optical wave number. With
Equation 3.3 - Equation 3.5, the shear wave is connected with the autocorrelation function of
light, which, together with Equation 3.1 - Equation 3.2, can further connect the shear wave
field to the CCD speckle statistics. In reality, Brownian motion of scatterers in tissue may
also contribute to the autocorrelation function of light. To isolate the shear wave contribution,
Equation 3.4 solely considers shear wave modulation for conciseness as Brownian motion is
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an independent process [74].
The shear wave field can be calculated by solving the elastic wave equation (Equation
2.32). Considering an infinite homogeneous and isotropic viscoelastic medium, an analytical
solution is given utilising the Green’s function formalism in [18] (see Equation 2.37 to
2.39). The shear wave displacement generated by an acoustic radiation force is then deduced
with the superposition principle:
u(r,τ) =
∫
dτ
∫∫∫
f (ξ ,τ)g(r−ξ , t− τ)dξ , (3.8)
where f (ξ ,τ) is the profile of acoustic radiation force in time and space, and g(r, t) is the
Green’s function.
3.4 Methods
3.4.1 Simulation
Based on the above theoretical framework, a computer simulation for the optical observation
of shear waves was developed. A block diagram of the simulation is shown in Figure 3.1.
Tissue displacement as a function of time and space due to shear wave propagation was
calculated numerically using Equation 3.8. The multiply-scattered light transport path in
tissue was predicted by Monte Carlo modelling [83]. The change of path length and phase of
light induced by shear waves were calculated with Equation 3.6 and Equation 3.7, and based
on the result, the autocorrelation function of light and time-resolved CCD speckle contrast
were calculated with Equation 3.3 - Equation 3.5 and Equation 3.1 - Equation 3.2. To compute
△ϕik(t,τ) in Equation 3.3, time is gated consecutively with equal length through exposure
time T . Within each gated window, t ranges from 0 to T , τ ranges from 0 to (T − t). Then
the auto-correlation function of light can be calculated with time and the time-resolved CCD
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contrast C(t), or the time-resolved CCD contrast difference ∆C(t) =Cb(t)−C(t) is obtained,
where the background contrast Cb(t) is assumed to have the value of one in simulation. In
Fig. 3.1 A diagram of modelling process and the quantities calculated at each steps.
the simulation (Figure 3.2), a point-like 532 nm laser illuminated a homogeneous sample
with an optical absorption coefficient µa = 0.2 cm−1, optical scattering coefficient µs = 30
cm−1, anisotropy factor g = 0.8, and an effective reduced scattering coefficient µ ′s = 5 cm−1
[111]. The mechanical parameters were set as follows: shear wave speed cs = 2.2 m/s; bulk
wave speed cp = 1500 m/s; shear viscosity νs = 0.1 Pa.s and bulk viscosity νs = 0 Pa.s.
These parameters of the sample were obtained from [18] where an independent measurement
of the properties of the sample was conducted. A CCD camera was aligned with the laser
to maximize the detected light intensity and positioned sufficiently far from the sample to
allow spatial ergodicity to be assumed for speckle statistics. Transient shear waves were
generated by the acoustic radiation force which was perpendicular to the laser axis. This
force is constant for 1 ms and the spatial profile was defined by a simplified ultrasound focus
geometry: an ellipse with constant 1 mm lateral and 10 mm axial extent. The generated shear
waves propagate away from the acoustic radiation force.
3.4.2 Experiment
In the experiment, a tissue mimicking phantom was made with 0.8% agar in weight and
4% intralipid by volume to achieve similar mechanical and optical characteristics to the
simulation [18, 108, 111]. Shear waves were generated by a transient acoustic radiation
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Fig. 3.2 Schematic of the top view of the simulation/experiment set-up for: (a) imaging a
shear wave front near the sample surface: r1 (3.34 mm) and r = r1d2/d1 are the radii of the
imaged CCD array and the projected light exit plane. The d1, d2 were chosen so that the
surface of the phantom is imaged onto CCD; (b) tracking shear wave propagating at depth:
L (31 mm) is the distance between the laser and the shear wave source; r1 (3.5 mm) and
r = r1(d1+d2)/d1 are the radii of the iris and the CCD pixel projected onto the light exit
plane (the single pixel is simplified as a point). ARF denotes for acoustic radiation force
which is in the same direction as the ultrasound and into the plane of the paper.
force launched by a 1 ms-5 MHz ultrasound burst with 1.9 mechanical index (Panametric
NDT Videoscan 307, Olympus, Essex, UK), and a 1 ms CCD (Qimaging Retiga EXi,
Surrey, BC, Canada) exposure time length was used to record the laser speckle patterns.
With this configuration, a background contrast Cb(t) = 0.84 was achieved without shear
waves. The control system (not shown in the figure) consists of a function generator (Agilent
33220A, South Queensferry, West Lothian, UK), an amplifier (ENI, Inc., 240L, Rochester,
NY, USA), a delay generator (DG535, Stanford Research, Sunnyvale, CA, USA) and a PC.
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The ultrasound transducer is linked to the amplifier and function generator - the amplifier has
a fixed amplification factor of 50 dB for 5 MHz wave and the function generator controls
the amplitude and shape of the waves that are sent to the transducer. The CCD acquisition
and function generator are synchronised by a delay generator controlled by Labview in a PC
and the recorded images are transferred back to the PC for post-processing. To image shear
waves at the sample surface, the acoustic radiation force was aligned with the laser (Excelsior
532, Newport Inc., Irvine, CA) at the light exit plane to generate shear waves. The laser
beam diameter is approximately 1 mm at the input to the phantom. A lens (f=30 mm, d =1",
Thorlabs) was placed in front of the CCD (1392×1040 pixels) to record the laser speckles
at the light exit plane (Figure 3.2(a)). For the speckle images acquired using the system
shown in figure 3.2(a), the lens and iris were not well controlled to achieve an optimised
speckle size. Since shear waves were generated and propagated near the light exit surface,
the spatial information carried by the shear wave modulated light has not been washed out by
multiple scattering. Therefore the localised CCD speckle contrast was calculated for a kernel
size of 15×15 pixels to visualise the shear wave fronts. When shear waves are generated at
depth in the sample, the shear wave modulated light is multiply scattered and the speckle
patterns received at the CCD no longer maintain localised information. Therefore, to track
shear waves in bulk media, the acoustic radiation force is applied at a distance away from the
laser axis in Figure 3.2(b) to observe the shear wave propagation within an optical detection
volume (i.e. the volume occupied by the scattered laser beam that is detected by the CCD).
In this manner, the laser speckle statistics are affected only by a one directional shear wave,
and the global CCD contrast values calculated over the whole CCD array with time are used
to indicate whether the shear wave is within the optical detection volume. The iris in Figure
3.2(b) was adjusted to match the speckle received to be 2 CCD pixel wide.
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3.5 Results
3.5.1 Shear wave imaging at surfaces
Figure 3.3(b) and (c) show the simulated and experimental results of shear wave imaging
at the edge of the phantom using local speckle contrast difference, where the results were
obtained using the setup shown in Figure 3.2(a). For comparison, a simulation of the shear
wave displacement in the same plane is shown in Figure 3.3(a). The largest CCD contrast
difference exists along the shear wave front, where the largest modulation of light because of
the shear wave occurred.
Fig. 3.3 Simulated near-surface shear wave front with normalised displacement (a) and that
imaged by the localised laser speckle contrast difference (∆C) at 4 ms in simulation (b)
and experiment (c). The acoustic radiation force was applied at x = 0 along the negative z
direction. The coordinates used here are the same as that in Figure 3.2.
3.5.2 Shear wave tracking at depths
To track shear waves at depth in a medium, a time-resolved CCD contrast curve, rather than
an image in Figure 3.3, is generated, as shown in Figure 3.4. When a transient shear wave
approaches the optical detection volume, larger numbers of scattered photons fall within the
shear wave volume, and thus a larger ratio of light is modulated by the shear wave, causing
a reduced CCD contrast C and an increased CCD contrast difference ∆C. The ∆C peaks
when the region of light propagation and shear wave overlap maximally. The time-to-peak in
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∆C(t) indicates the time-of-flight of shear waves, which can be used for shear wave speed
measurement. In simulation (solid line in Figure 3.4[a]), the peak is shown at ∼ 14 ms,
agreeing with the preset time-of-flight (L/cs = 14ms). However, experimental result shows
the peak value at approximately 15 ms. Further simulation demonstrated that this mismatch
was an effect of the shear wave reflection at the phantom boundaries in the experiment (the
reflection coefficients of obliquely incident shear waves were calculated based on [112]),
which broadened the shear wave and prolonged the measured time-of-flight. Though some
reflection bias could exist in real situations, an accurate measurement of shear wave speed
can be still obtained by using the differential method in [108]. As a study of multiple shear
Fig. 3.4 Simulated (a) and experimental (b) results of time-resolved CCD contrast difference
induced by a single shear wave and dual-shear waves at depth. The solid and dashed blue
curves in (a) are simulation results without consideration of shear wave reflections; the solid
black curves in (a) and in (b) are the simulation and experimental results counted in the shear
wave reflections.
waves tracked by the speckle contrast detection, Figure 3.4 also shows the time-resolved
CCD contrast difference induced by dual shear waves. Two identical transient shear waves
were generated equidistant from the optical axis, propagating towards each other along the
x axis shown in Figure 3.2. Results show that, instead of an accumulation of contrast
difference induced by each individual shear wave, dual shear waves generate a pattern in
∆C(t). With no shear wave reflection, the peak in ∆C is split into two due to dual shear wave
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interaction over time in the optical detection volume. The ‘ripples’ after the main peaks
in the experiment is again caused by shear wave reflections from the phantom boundaries,
as confirmed by simulation. The profile of the pattern in time is primarily determined by
the mechanical properties of the medium and the light distribution in the optical detection
volume. With a fixed light distribution, a faster shear wave will result in a more compact
pattern due to the reduced shear wave interaction time within the optical detection volume.
Also, compared with individual shear waves, multiple shear waves are more sensitive to
reflections which might be useful for geometry characterisation.
Fig. 3.5 Peak value of time-resolved CCD contrast difference against shear wave amplitude
in simulation (a) and square of transducer input voltage in experiment (b).
3.5.3 Quantitative measurement
Figure 3.5 shows the mapping between CCD contrast difference and the shear wave ampli-
tude. The y axis takes the peak value of ∆C(t) of the single shear wave in Figure 3.4 and the
x axis represents the shear wave amplitude. In the simulation, the shear wave amplitude is
directly defined as an input by scaling Equation 3.8. In the experiment, varied ultrasound
pressures were used to generate shear waves with different amplitudes. As the shear wave
amplitude is proportional to the magnitude of the acoustic radiation force, F = (2α⟨I⟩)/c,
where c is ultrasound speed, α is the ultrasound absorption coefficient, and ⟨I⟩ is the av-
eraged local ultrasound intensity in time which is proportional to the square of transducer
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input V with an assumption of linear ultrasound prorogation, therefore V 2 is used as the x
axis for the experiment to indicate the amplitude of the shear wave. Both simulation and
experiment exhibited a ‘S’- shaped profile between ∆C and shear wave amplitude. It can be
seen that although the relationship between the CCD contrast difference and the shear wave
amplitude is not linear over the whole range, it can be assumed to be linear within a smaller
range. Figure 3.5(a) also shows that shear waves with an amplitude of as small as tens of
nanometres may generate a considerable speckle contrast difference(0.1-0.3), indicating a
high sensitivity to shear wave tracking. Generally Figure 3.5(a) and (b) agree well despite a
larger deviation for large shear wave amplitudes, where higher ultrasound pressures are used,
and the assumption of linear ultrasound propagation may not hold.
3.6 Conclusion
In summary, a theory, simulation and experiment for tracking shear waves using light and
speckle contrast analysis is presented. Compared with ultrasound tracking methods (sensitive
to µm displacement), the optical speckle contrast analysis can be more sensitive because
optical wavelengths are a few orders of magnitude smaller than ultrasound wavelengths. The
approach could be used in medicine for quantitative elastography by tracking shear waves
via time-of-flight [108]. In practice, Brownian motion and blood flow will cause speckle
decorrelation and while this should not affect the time-of-flight estimation, it can reduce
the signal to noise ratio of the measurements. Additionally, measurement may be cardiac-
gated to minimise the time-dependent decorrelation. The developed Monte Carlo simulation
qualitatively compares well to experiments and could be useful for understanding how ∆C(t)
is related to shear wave properties (e.g. speed and attenuation) and optical configuration
(e.g. CCD exposure time). This is the first time shear waves were coupled with coherent
light and furthermore related with CCD speckle contrast statistics in simulation and the
results compared to experiment. The simulation will be incorporated with ARF-assisted
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ultrasound modulated optical tomography [100, 101] to study the effect of ARF-generated
shear wave on the image resolution. The method can also be generalised to other forms of
electro-magnetic waves if the speckle patterns can be detected.
Chapter 4
Dual shear wave induced laser speckle
contrast signal and the improvement in
shear wave speed measurement
This chapter is reproduced with permissions from Sinan Li et al., "Dual shear wave induced
laser speckle contrast signal and the improvement in shear wave speed measurement,"
Biomed. Opt. Express. 6(6), 1954-1962 (2015).
2015 Optical Society of America. One print or electronic copy may be made for personal
use only. Systematic reproduction and distribution, duplication of any material in this paper
for a fee or for commercial purposes, or modifications of the content of this paper are
prohibited.
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4.1 Abstract
Shear wave speed is quantitatively related to tissue viscoelasticity. The previous chapter
reports shear wave tracking at centimetre depths in a turbid optical media using laser speckle
contrast detection. Shear wave progression modulates displacement of optical scatterers and
therefore modulates photon phase and changes the laser speckle patterns. Time-resolved
charge-coupled device (CCD)-based speckle contrast analysis was used to track shear waves
and measure their time-of-flight for speed measurement. In this chapter, a new observation of
the laser speckle contrast difference signal for a dual shear wave is reported. A modulation of
CCD speckle contrast difference was observed and a simulation reproduces the modulation
pattern, suggesting its origin. Both experimental and simulation results show that the dual
shear wave approach generates an improved definition of the temporal features in the time-
of-flight optical signal and the standard deviation of the speed measurement is reduced by
a factor of at least 2. Results also show that dual shear waves can correct the bias of shear
wave speed measurement caused by shear wave reflections from elastic boundaries.
4.2 Introduction
Recently, mechanical characterization of tissue has provided new information for clinical
diagnosis, e.g. fibrosis, oedema and tumours are detectable with ultrasound [18] or MR
[113] elastography. Optical elastography systems, such as optical coherence elastography
incorporated with optical coherence tomography [114], inherently provide optical contrast
in addition to mechanical contrast. The latest development in optical coherence elastography
(OCE) include micro-scale compression OCE [115] and the associated multiphysics model
developed to improve the precision of the strain measurement [116]; Acoustomotive -
[117] and Magnetomotive - [118] dynamic internal excitation OCE; 3D full-field OCE
[59] and resonant acoustic radiation force OCE [119]; surface acoustic wave [64] and
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shear wave [120] quantitative OCE and their clinical applications [121, 122]. Acoustic
radiation force (ARF) assisted ultrasound modulated optical tomography (UOT) may even
improve the depth of the dual contrast (optical plus mechanical) sensing to centimetre depths
[102, 103, 107, 123, 124]. Based on the ARF-assisted-UOT, a method to quantitatively
measure the elasticity [125] and viscosity [126] at 1.2 cm depth in an optically turbid
medium by tracking ARF-generated shear wave propagation using laser speckle contrast
analysis has been developed. A systemic description of the theory, simulation and experiment
can be found in [127]. This work opened up the possibility of a dual-contrast imaging tool
at a clinically useful depth.
However, laser speckle contrast detection of multiple shear waves and their interac-
tion/interference has not yet been studied. On the other hand, many shear wave elastography
modalities, e.g. the method in [125] tracking a single shear wave, suffer from inaccurate
estimations of shear wave speed near elastic boundaries due to shear wave reflections. Also,
despite being a highly sensitive method for shear wave tracking (sensitive to tens of nanome-
tres displacement at cm-depth [127]), tissue movement in vivo may cause a reduction of the
signal-to-noise ratio (SNR) due to speckle decorrelation. This chapter reports observation of
the interaction of two counter-propagating shear waves using laser speckle contrast detection
and its improvement in shear wave speed measurement by reducing the above effects. The
hypothesis is that dual shear wave interference would generate an improved definition of
temporal features in the optical time-of-flight signal, which may separate original shear waves
from the reflections to minimise the boundary effect. In addition, constructive interference of
shear waves would increase the signal intensity and therefore improve the signal to noise
ratio of the shear wave speed measurement.
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Fig. 4.1 Diagrams of the experimental set-up, schematic path length (a) and time-of-flight
(b) of shear waves, and the simulated optical detection volume in cross-section (a) and
longitudinal plane (b) of the phantom. In the Monte Carlo simulation, a 532 nm point-like
laser beam was used as the light source. The top figure in (b) schematics the path length and
time-of-flight of shear waves generated at O1 and O2. The bottom figure in (b) schematics
the path length and time-of-flight of shear waves generated at O1’ and O2. They are two
separate measurements and aligned in (b) to illustrate the difference in the path length and
time-of-flight.
4.3 Method
4.3.1 Experiment
A schematic of the experimental set-up is shown in Figure 4.1. Tissue mimicking phantoms
with various stiffnesses were illuminated by a 532 nm laser. The speckle patterns were
detected by a charge-coupled device (CCD) camera (QImaging Retiga EXi, 1.4 million
pixels, 6.45 µm per pixel, 12 bit digital output), and an iris was used to control the speckle
size to be matched with a CCD pixel. Speckle contrast is defined as C = σ/I¯, where σ is
the standard deviation of the speckle intensities and I¯ is the mean speckle intensity. Using a
polariser, the background speckle contrast ranged from 0.83 to 0.86 for the phantoms used in
the experiments.
Shear waves were generated by transient acoustic radiation forces delivered by short (1
ms) ultrasound bursts of 5 MHz central frequency located at O1 to generate a single shear
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wave or at O1 and O2 simultaneously to generate two shear waves. These waves propagated
towards the optical detection volume defined as the region in the phantom through which the
detected scattered light passed. A Monte Carlo simulation of the optical detection volume is
shown in Figure. 4.1, in which the phantoms had an optical scattering coefficient of 30 cm−1
and an anisotropy coefficient of 0.8 [111, 107, 123].
The generated shear waves modulate the optical scatterer displacements and therefore
modulate the phase of the multiply-scattered light. The speckle contrast C changes over time
t as a function of the shear wave amplitude and the photon probability density at each voxel
within the optical detection volume. A time-resolved speckle contrast difference signal is
used ∆C(t) =Cb(t)−C(t) for shear wave tracking, where Cb(t) is the background speckle
contrast without shear waves. A 1 ms CCD exposure time was used to achieve a good
compromise between the SNR of laser speckle detection and the temporal resolution of
shear wave tracking. ∆C(t) was sampled at 0.1 ms interval by repeatedly generating shear
waves and delaying the start of CCD exposure by various times. The time-to-peak in ∆C(t)
indicates the time-of-flight of shear waves to the optical axis (e.g. the dash line in Figure
4.1(a)). As shear waves were generated at a relatively large distance away from the optical
axis (25 mm), a high ultrasound negative pressure of 5.8 MPa was used (unless otherwise
noted) to ensure that a good SNR was achieved.
To measure the local shear wave speed, the shear wave - or one of the dual shear waves -
was generated at another site with a different distance to the laser axis (e.g. at O1′ in Figure
4.1(a)). The averaged shear wave speed within the differential distance ∆L is calculated by
C¯s = ∆L/∆t, or C¯s = ∆L/2∆t ′, where ∆t and ∆t ′ are the shift of the time-to-peaks in ∆C(t)
for the single shear wave and the dual shear wave respectively. The relationship will not
be affected by heterogeneities in the medium and it can be derived from the schematic path
length (Figure 4.1(a)) and time-of-flight (Figure 4.1(b)) of shear waves with t1 = t2 and
t1′ = t2′. The resolution of the shear wave speed measurement is thus primarily determined
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by ∆L, which was varied from 1 mm to 3 mm in the experiment to study the effect on the
accuracy of speed measurement.
4.3.2 Phantoms
Phantoms were made with 4.0% intralipid concentration by volume and 0.8%, 1.0% and
1.2% agar concentrations by weight to achieve physiologically realistic optical scattering
properties and mechanical contrasts [111]. An inhomogeneous phantom was also made by
adding a stiff cuboid inclusion of 1.2% agar with a length of 12 mm and the same sizes as the
background (0.8% agar) in the other two dimensions (Figure 4.2 ). The thickness, width and
length of these phantoms were 24 mm, 46 mm and 96 mm respectively. Shear waves were
generated and detected at half of the thickness i.e. 12 mm depth. As the phantoms were held
by two Perspex sheets in the water tank, artificial shear wave reflections could be caused by
the phantom-Perspex and phantom-water interfaces due to the large shear wave impedance
mismatch.
Fig. 4.2 The schematic of the stiff inclusion phantom. The dimension of the 0.8% agar
background phantom is 24 mm * 46 mm * 96 mm. The dimension of the 1.2% agar inclusion
is 24 mm * 46 mm * 12 mm.
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4.3.3 Simulation
The theory and simulation of shear wave tracking with coherent light and speckle contrast
detection are described in [127] (see previous chapter). The interaction between shear waves
and light is simulated by coupling the analytic shear wave solution [18] with the multiply
scattered photon trajectories predicted by the Monte Carlo modelling [83]. While the laser
was not focused in the experiment, a point-like laser source was used in the simulation for
simplicity. The simplification does not affect the results qualitatively since the light will be
unfocused as soon as it enters the object and will become diffuse by the measurement depth.
The shear wave displacement at each scatterer is calculated over time, and the phase change
of the photons due to the shear wave displacement is computed. With a weak scattering and
the other assumptions described in [86], E(t)E∗(t + τ) is accumulated over the multiply
scattered photon path, where E(t) is the electric field of a single photon on a CCD pixel
without consideration of polarisation for simplicity, and the CCD speckle contrast can be
calculated via the first and second order statistics. In the simulation, the shear wave speed
and shear viscosity were 3.3 m/s and 0.1 Pa·s respectively. Other parameters were same as in
[18, 127] due to the similarity of the phantoms and ultrasound excitation beam used.
4.4 Result
4.4.1 Experiment
Figure 4.3 shows the ∆C(t) detected by the system for an individual shear wave and two
counter-propagating shear waves. For a single shear wave, ∆C(t) increased when the shear
wave approached the optical detection volume and then decreased when the shear wave
propagated away. When two counter-propagating shear waves were generated, a modulation
of ∆C(t) was observed. The modulation pattern (circles in Figure 4.3) showed stronger signal
amplitude and sharper peaks which can provide a more accurate time-to-peak estimation.
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Before using the dual shear wave signal for speed measurement, the origin of the modulation
pattern was studied with a simulation study.
Fig. 4.3 ∆C(t) induced by the single shear wave (S) and the dual shear wave (D). The results
were averaged over 5 repeated measurements. The sizes of error bars (not shown) for each
data points are all less than 0.05.
4.4.2 Simulation
Without consideration of the aforementioned artificial shear wave reflections from the phan-
tom boundaries, a simulation of the single shear wave - and dual shear wave - induced ∆C(t)
is shown in Figure 4.3 (solid lines). The dual shear wave signal formed two peaks at 7.3
ms and 8.4 ms, indicated by the arrows in Figure 4.4. CCD speckle contrast is generally
thought to be related to the velocity of scatterer movement. Figure 4.5 shows the normalised
time-derivative of the shear wave displacement at 7.8 ms, 8.4 ms and 8.9 ms, corresponding
to the two peak-time and the trough-time of the dual shear wave signal at 12 mm from surface.
Note that 0.5 ms was added onto the original peak/trough-times for a better representative
of the collective effect during the 1 ms CCD exposure time. Figure 4.4 suggests that the
peaks in ∆C(t) are formed when the velocity of dual shear wave displacements constructively
interfere with each other near the centre of the optical detection volume, and the trough is
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formed when a destructive interference occurred, which reduces both the scatterer velocity
amplitude and the overlap between the shear waves and the optical detection volume.
Fig. 4.4 Simulated ∆C(t) induced by single (S) and dual (D) shear wave with (+R) and
without consideration of shear wave reflections.
The dashed lines in Figure 4.4 show the simulation with consideration of shear wave
reflections [127]. ∆C(t) becomes larger since the earliest reflected shear waves approach
the optical detection volume and cause additional photon modulations. By comparing the
dual shear wave simulation with and without shear wave reflections, the first peaks in Figure
4.4(b) are observed to correctly correspond to 7.3 ms, suggesting that the first peak time
should be used to estimate the shear wave time-of-flight as that is least affected by the shear
wave reflections. The additional fluctuations after the second peak are due to the reflected
shear waves alone, which could return from different sites on the boundaries to the optical
detection volume.
4.4.3 Time-of-flight
To measure the experimental local shear wave speed, the generation site of one of the shear
waves was translated from O1 to O1′ , with a differential distance ∆L= 2 mm (Figure 4.1(a)).
Shifts of the peak time due to the differential distance are shown in Figure 4.6, where the
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Fig. 4.5 Simulation of the normalised temporal derivative of single (a-c) and dual (d-f) shear
wave displacement at 12 mm from the surface of phantom. The ARF was applied along the x
axis, and the shear waves propagated along the y axis. Red and blue denote the normalised
positive and negative temporal derivative of shear wave displacement.
experimental data were fitted using smoothing spline interpolation (solid lines). For the dual
shear wave, the first peak was used for shear wave speed measurement. As the theoretical
prediction in Figure 4.1, the shift of the first peak time in dual shear wave signal was half
that produced by the single shear wave (e.g. not generating shear wave at O2).
4.4.4 Shear wave speed measurement
Shear wave speed measurements using single shear wave - and dual shear wave - approach
are shown in Figure 4.7. The mean and standard deviation in the figure were produced by
nine independent speed measurements from three repetitive ∆C(t) measurements. It shows
that both the single and the dual shear wave speed measurements had a good correspondence
to the stiffness of phantoms (Figure 4.7(a) - Figure 4.7(c)). Also, given a fixed sampling
rate of ∆C(t), e.g. 10 kHz used in the experiment, the accuracy of the shear wave speed
measurement could be improved with an increased ∆L (therefore an increased ∆t or ∆t ′) with
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Fig. 4.6 Shift of peak time in ∆C(t) for single (S) and dual (D) shear waves in the experiment.
S-25mm and S-27mm were measured with single shear wave generated 25 mm and 27 mm
away from the optical axis respectively. D-25mm and D-27mm were measured with dual
shear waves with the origin of one fixed at 25 mm and the origin of the other translated from
25 mm to 27 mm away from the optical axis. The error bars were calculated by 5 repeated
measurements.
a compromise of the spatial resolution of the shear wave speed measurement. In comparison,
the dual shear waves speed measurement tends to be more accurate than the single shear
wave result in terms of the standard deviation. This is because dual shear waves generated
stronger shear wave amplitude and an improved definition of the temporal features (e.g.
sharper peaks) in ∆C(t), which resulted in a higher SNR in the shear wave time-of-flight
estimation.
Figure 4.7(d) shows the shear wave speed measurement on a stiff inclusion phantom.
To demonstrate the good sensitivity of the measurement, the shear waves were generated
at the same O1/O1′ and O2 but using an ultrasound negative pressure of 4.5 MPa at 5 MHz,
equivalent to a mechanical index of 1.9 within the clinical ultrasound safety limit. The
shear wave speed measured with single shear wave showed a clear bias near the elasticity
boundaries, e.g. speed was underestimated outside the inclusion and overestimated inside the
inclusion. The biases were caused by the shear wave reflections from inclusion boundaries,
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Fig. 4.7 Shear wave speed measured on 0.8% (a), 1.0% (b), 1.2% (c) and 0.8%-1.2% stiff
inclusion (as shown in Figure 4.2, d) agar phantom. In (d), the dash lines indicate the
inclusion boundaries, and the lateral axis corresponds to the scan position of phantom.
but they were not observed in the dual shear wave speed measurement since the first peak
time in the dual shear wave signal used for the time-of-flight estimation was not influenced
by the shear wave reflections. For a further illustration, Figure 4.8 shows the peak time of
shear waves originating from different scanning positions on the inclusion phantom. The
peak times were smoothed and the difference in the vertical axis indicates the change of
time-of-flight of shear wave due to the 2 mm ∆L. From the figure it can be seen that the peak
time of the single shear wave signal was prolonged close to inclusion boundaries, while the
peak time of the dual shear wave signal was very little affected by the shear wave reflections.
4.5 Discussion
One may note that the shear wave speed measured with a single shear wave is generally
slightly higher than the dual shear wave measurements in Figure 4.6. This may be caused
by an overestimation of shear wave speed using the single shear wave approach due to the
influence on the peak time estimation by the aforementioned artificial shear wave reflections
4.5 Discussion 81
Fig. 4.8 Peak times of single (S) and dual (D) shear wave induced ∆C(t) at various inclusion
phantom scan positions.
from the phantom-Perspex and phantom-water interfaces (as predicted by Figure 4.4(a)).
When the shear wave reflection contributes to ∆C(t), the measured ∆t always corresponds to a
differential distance smaller than the actual horizontally translated ∆L because the difference
of the path length for reflected shear wave is always smaller than that of the original shear
wave. Therefore using the known ∆L for speed calculation would result in an overestimation
of the shear wave speed. The overestimation was consistent with our previous result, where
the elasticity modulus evaluated by the single shear wave method was generally slightly
larger than the independent mechanical compression test [125],e.g. the Young’s modulus of
1.0% and 1.2% agar phantoms were measured as 38 kPa and 27 kPa using the single shear
wave approach and 35 kPa and 26 kPa using the compression test. The dual shear wave
approach should not suffer from this problem as the shear wave reflection will not bias the
first peak time estimation, as predicted by the Figure 4.4(b).The shear wave speeds measured
using the dual shear wave approach were 4.1 m/s, 3.2 m/s and 2.1 m/s on 1.2%, 1.0% and
0.8% agar phantoms, which are slightly different to the shear wave speeds converted from
Young’s modulus measured by the compression test (3.5 m/s, 3.0 m/s and 2.4 m/s) in [125].
The discrepancy is likely due to a difference in the phantoms made in two studies, e.g.
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agar powders were ordered from different providers and different amount of water may be
vapourised during the heating process, although the agar concentrations were both tentatively
controlled to 0.8% - 1.2%.
The method can be applied to shear wave elastography. In practice, speckle decorrelation
occurs invivo. While speckle decorrelation should not affect the time-of-flight measurement
(time-to-peak estimation of ∆C(t)), it can reduce the signal-to-noise of ∆C(t). Since the dual
shear wave approach creates an improved ∆C(t) intensity, a shorter CCD exposure may be
used (e.g. 0.5 ms) to reduce the speckle decorrelation effect. In addition, measurements could
be cardiac-gated to suppress any time-dependent speckle decorrelation due to pulsations. In
Figure 4.6, 50 sequential CCD exposures were used for the shear wave tracking. Thanks
to the improved definition of the temporal features (sharper peaks) in ∆C(t), the number of
exposures can be reduced using the dual shear wave modulation signal (e.g. 10 exposures
during 7-8 ms are enough for the time-to-peak measurement with a prior estimation), and
the total measurement time could be arranged within a few milliseconds using a fast CCD
camera.
The compactness of the dual shear wave modulation pattern may have a dependence on the
geometry and mechanical properties of the medium: for a stiff tissue with a high shear wave
speed, the separation of the peaks will be reduced and thus may need a higher ∆C(t) sampling
rate. However, a faster shear wave speed may generate a further improved definition of the
temporal features (even sharper peaks) in ∆C(t). This counter-effect on shear wave speed
measurement will be evaluated, together with changing other parameters such as the viscosity
and optical scattering of the medium. Compared with optical coherence elastography, the
resolution of this approach is limited to mm scale depending on the differential distance
selected. However, the laser speckle contrast detection method can achieve an imaging depth
that is an order of magnitude larger than other optical methods. A future work is to evaluate
the approach in tissue samples, where the 532 nm laser will be replaced by a near-infrared
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laser source to improve light penetration in tissues, and the dual shear waves will be generated
closer to each other using an ultrasound array to further improve the signal intensity. In
addition, the dual shear wave approach should be explored by arranging the optical detection
in reflection mode. This dual shear wave approach could be applied to applications other
than biomedical ones, e.g. in material science for non-destructive evaluation [128] and in
geology where shear wave propagation has been well studied for understanding the structure
of upwellings in mantle [104]. The laser speckle contrast analysis can also be expanded for
detection of other electro-magnetic waves or ultrasound.
4.6 Conclusion
In summary, this chapter reported an observation of shear wave interference using laser
speckle contrast detection. Temporal modulation of the speckle contrast difference was
produced by two counter-propagating shear waves and the origin was suggested by simulation
as an interference phenomenon between the velocity fields of dual shear wave displacement.
Dual shear waves were shown to improve the shear wave speed measurement in terms of
both accuracy and suppression of the boundary effect.

Chapter 5
Quantifying activation of
perfluorocarbon based phase-change
contrast agents and a preliminary result
on its use in UOT
This chapter studies perfluorocarbon-based phase-change contrast (nanodroplets) and show
a preliminary result on its use in improving the strength of ultrasound modulation of light.
Section 5.1-5.5 are reproduced with permissions from Sinan Li et al., "Quantifying Activation
of Perfluorocarbon-Based Phase-Change Contrast Agents Using Simultaneous Acoustic and
Optical Observation," Ultrasound. Med. Biol. 41(5), 1422-1431 (2015).
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5.1 Abstract
Phase-change contrast agents in the form of nanoscale droplets can be activated into mi-
crobubbles by ultrasound, extending the contrast beyond the vasculature. This chapter
describes simultaneous optical and acoustical measurements for quantifying the ultrasound
activation of phase-change contrast agents over a range of concentrations. In experiments,
decafluorobutane-based nanodroplets of different dilutions were sonicated with a high-
pressure activation pulse and two low-pressure interrogation pulses immediately before and
after the activation pulse. The differences between the pre- and post- interrogation signals
were calculated to quantify the acoustic power scattered by the microbubbles activated over a
range of droplet concentrations. Optical observation occurred simultaneously with the acous-
tic measurement, and the pre- and post-microscopy images were processed to generate an
independent quantitative indicator of the activated microbubble concentration. Both optical
and acoustic measurements revealed linear relationships to the droplet concentration at a
low concentration range < 108/mL when measured at body temperature. Further increases in
droplet concentration resulted in saturation of the acoustic interrogation signal. Compared
with body temperature, sonication at room temperature was found to produce much fewer
and larger bubbles.
5.2 Introduction
The use of microbubbles as a contrast agent for medical ultrasound has enabled a range
of applications in medicine [129]. The routinely adopted diagnostic applications include
using microbubbles as a blood pool marker for endocardial border delineation [130, 131]
and liver vasculature imaging [132–134]. Many other diagnostic applications also look
promising, such as the contrast enhanced ultrasound imaging of the spleen [135], kidney
[136, 137], as well as detection of neovascularization in atherosclerotic plaques [138, 139]
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in the coronary and carotid arteries. Recent studies also promoted the use of microbubbles
for quantitative [140–142], targeted and molecular imaging [143]. In addition to the
aforementioned diagnostic applications, microbubbles are also considered for use as gene
and drug delivery vehicles [144, 145] as well as thermal ablation enhancers [146, 147] for
ultrasound therapy.
Limitations of microbubble mediated ultrasound techniques include the rapid dispersion
and clearance of microbubbles in vivo and the incapability of interrogating or delivering
drugs within the interstitial space of solid tumours because of the enhanced permeability and
retention effect [148]. To extend their use to the extra-vascular space, there have been studies
on phase-change contrast agents (PCCAs) since 1995 [149, 150]. The concept underlying
PCCAs is the vapourisation of nanoscale droplets (nanodroplets) into microbubbles by
ultrasound (termed acousticdroplet vaporisation) after their permeation through blood
vessels, for example, into the interstitial space of tumors. In contrast to a liposome, which
is a micron scale vesicle consisting of a lipid bilayer, a nanodroplet typically refers to a
tiny liquid core of some volatile compounds, e.g. decafluorobutane, encapsulated within a
lipid layer, which is stable at physiological temperatures but more susceptible to ultrasound
pressures. Two mechanisms are considered to be responsible for the ultrasound droplet
vapourisation: ambient temperature rise (which boils decafluorobutane) and negative acoustic
pressure (which stretches droplets) induced by an ultrasound pulse. During the past two
decades, there have been many studies on the application of nanodroplets in vascular imaging
[151, 152], molecular recognition for cancer detection [153, 154], drug delivery [155, 156]
and enhanced tumour ablation [157, 158]. In addition, droplets have been found to have
unique applications, which microbubbles may not, in ultrasound aberration correction [159],
vascular occlusion [160, 161] and contrast-enhanced photo-acoustic imaging [162, 163].
In 2011, a new decafluorobutane-based PCCA was developed that has been found to be
not only more uniform and smaller (peak size: 200-300 nm) but also stable. It was also found
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to be sufficiently labile to vapourisation by a clinical ultrasound pulse at body temperature
[164]. High-speed microscopic images illustrated that once the droplets were vaporised,
the particle usually expanded approximately five times in diameter, with the exception of
some large outliers that resulted from bubble fusion, a secondary effect of the ultrasound
vapourisation pulse, and/or a secondary effect of the pressurisation procedure in droplet
preparation [164–166]. The same studies also indicated that, with a stronger ultrasound
activation pulse, the microbubbles produced tended to shift to a smaller-sized population,
and although the ultrasound pressure needed for droplet activation increased with ultra-
sound frequency, the mechanical index, which is more relevant to clinical implementation,
decreased with ultrasound frequency [164, 166].Some fundamental research on acoustic
characterisation of the ultrasound activation of droplets has been reported. For example, the
degree of inertial cavitation during acoustic droplet vapourisation was previously studied
[167, 168]. Evidence from cavitation detection suggested that the phase transition usually
occurred before the development of inertial cavitation. The acoustic signature of the acoustic
droplet vapourisation was reported in [169]. The acoustic signal produced by single droplet
vapourisation was found to be distinct from the typical microbubble and tissue scattered echo
signals. Results also indicated that monitoring growth of the newly generated microbubbles
may allow differentiation of converted droplets from the surrounding stable microbubbles by
tracing the change in scattered sound power at fundamental and harmonic frequencies [170].
Furthermore, uniform activation of nanodroplets was achieved in vivo, and a 16- to 20- dB
increase in contrast was characterised by comparing the linear intensity of two ultrasound
images pre- and post-droplet activation in a rat kidney [171]. Although the relationship
between microbubble concentration and scattered acoustic power was described previously
[172], the relationship between droplet concentration and bubble concentration after vapouri-
sation has not been studied previously and needs to be investigated because of the additional
complexity and uncertainty of the droplet-bubble conversion. In this chapter, experiments
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are reported and the relationships between droplet concentration and simultaneous optical
and acoustic measurements acquired before and after the droplet activation on laboratory
phantoms are established.
5.3 Methods
5.3.1 Droplet preparation
Phase-change contrast agents were produced using the ‘microbubble condensation’ method
described in [164]. Briefly, lipid-coated, decafluorobutane-filled microbubbles were first
produced in 2-mL sealed vials according to the formulation and procedure described [164].
Microbubbles (gaseous state) were condensed to nanodroplets (liquid core) by gently swirling
the vials in an -7 ◦C bath under increased pressure produced by pressurising 40 mL room air
into vials containing the microbubbles through a syringe connected to a 25 G needle. In Figure
6.1 are microscopic images of the microbubble emulsion before and after condensation at
the top and bottom planes of the hemocytometer. Both samples were diluted to 1:20 and
allowed to stand for 5 min before the images were acquired to allow for stratification, if it
did occur. Figure 6.1(a, c) illustrates that before condensation, microbubbles were observed
only at the top plane because of their buoyancy. Immediately after condensation, a majority
of the microbubbles disappeared from the top plane (Figure 6.1(b)). The remaining large
microbubbles in Figure 6.1(b) were most likely a result of a small number of large outlier
droplets that were relatively easily vaporised even without an ultrasound activation pulse. This
could be due to the smaller Laplace pressures on the larger droplets. Droplets consisting of
the dense liquid decafluorobutane (1.517 gms/mL) settled to the bottom of the hemocytometer
(indicated by the arrows in Figure 6.1(d)). By subtracting the microbubble concentration
measured after condensation (∼ 5×107 bubbles/mL) from that measured before condensation
(∼ 6×109 bubbles/mL) using the protocol described in [173], the concentration of droplet
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emulsion was estimated to be on the order of ∼ 5.95×109 droplets/mL. The microbubbles
that remained in the droplet emulsion were not separated out in experiments as this would
account for the spontaneous vapourisation of droplets, which could occur in vivo.
Fig. 5.1 Microscopic images focused at the top and bottom planes of the cytometer containing
microbubbles only (a, c) and droplets with few spontaneously activated bubbles (b, d). Bar =
20 µm.
5.3.2 Acoustic measurement
The experimental set-up is illustrated in Figure 5.2. Droplets of various concentrations
(1%-30%) were injected through a 200-µm-inner-diameter transparent and sonolucent mi-
crocellulose tube. The tube was then immersed in a water tank at 37 ◦C and equilibrated
to achieve physiological temperature. A 10-MHz, single-element focused ultrasound trans-
ducer (focal length = 40 mm, f-number = 2.01, Panametrics, MA, USA) transmitted a
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pulse train containing a high-pressure ‘activation pulse’ to vaporise the nanodroplets and
two low-pressure ‘interrogation pulses’ before and after the activation pulse to quantify
the acoustically activated droplets. The pulse train was focused at the middle plane of the
microcellulose tube. The activation pulse consisted of 10 cycles at 10 MHz with a negative
peak negative pressure of 6.0 MPa (mechanical index [MI] = 1.9). The interrogation pulses
were stimulated 33.3 µs before and after the activation pulse and consisted of two cycles at
5MHz with a negative peak pressure of 0.044 MPa (MI = 0.02). The scattered sound field
of the pulse train was received by another spherically focused ultrasound transducer (focal
length = 49.7 mm, f-number = 1.96, Panametrics) with a resonant frequency of 5MHz. The
receiving transducer, transmission transducer and microscope were angled (∼ 120◦) relative
to each other to minimise reception of the activation pulse-echo that is reflected from the
microscope lens and the water-air interface. For each of the received pulse-echo signals, a
2-µs rectangular window was used to temporally isolate the echo signals scattered only from
the contents within the microcellulose tube. The foci of the receiving transducer (850 µm
in lateral, 8.75 mm in axial) fully covers the foci of the transmitting transducer (450 µm in
lateral, 6.25 mm in axial) so that the entire region through which the sound was scattered by
the activated droplets could be detected. Transmission and detection were synchronised, and
the acoustic signal detected was bandpass filtered (100 kHz - 35 MHz) and amplified (20 dB)
before acquisition. For each concentration, 10 repeat measurements were made to produce
statistics, and each repeated measurement was made using a fresh set of droplets.
5.3.3 Acoustic signal processing
The power spectral density (PSD) of two interrogation pulse echoes were calculated and then
integrated over the spectrum to characterise the scattered acoustic power. The difference
between the scattered acoustic powers was used to quantify the droplets that were activated
by the vapourisation pulse. The mean and standard deviation of the 10 repeat measurements
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Fig. 5.2 Schematic of experiment set-up.
were calculated.
5.3.4 Optical observation
As a confirmation of the acoustic measurement, a water immersion objective lens (Olympus
LUMPlanFl, M = 100×, NA = 1.0) focused light at the same position as the acoustic foci,
through which high frame rate videos (120 fps, 0.46 µm per pixel) were recorded on a home-
use (CMOS) camera (Canon IXUS 220 HS) simultaneously with the acoustic measurement
to visualise the acoustic droplet vapourisation. Each video took about 3 s, long enough to
cover the entire period of the ultrasound pulse train, including both acoustic droplet activation
and acoustic interrogation.
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5.3.5 Optical image processing
To quantify the acoustic droplet vapourisation, frames directly before and after the droplet
vapourisation (Figure 5.3(a, b) were selected from the video and then subtracted to leave
only the newly generated bubble (activated droplet) image (Figure 5.3(c)). The generated
bubbles had positive values in the grey-scale subtracted image; however not all the pixels
with positive values corresponded to the generated bubbles because of motion artefacts
from the microcellulose tube due to environmental vibrations. To avoid motion artefacts, a
threshold (intensity > 0.1) was set for the normalised subtracted image to produce a binary
microbubble image. Pixels with a value of one in Figure 5.3(d) were counted to estimate
the cross-sectional area of the generated microbubbles. The cross-sectional area is used to
approximate the concentration of the newly generated bubbles, to cross-validate the acoustic
measurement. At low concentrations, it can be assumed that the scattered acoustic power is
linear with the concentration of microbubbles [172] .
5.3.6 Controls
In addition to the acoustic droplet activation measurement, the same arrangement described
above was used except the droplet emulsion was replaced by (i) water only and (ii) microbub-
bles (diluted to 1:80) in the microcellulose tube as controls. The water control and water bath
was purified and placed a day before use to equilibrate the gas with atmospheric pressure
[174].
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Fig. 5.3 Procedure for optical quantification of acoustic droplet activation: microscopic
image of nanodroplets before (a) and after (b) acoustic vapourisation; the substraction of
before and after is shown in (c); (d) is the binary thresholded image of (c). Bar = 20 µm.
5.4 Results
5.4.1 Optical and acoustic measurements
In Figure 5.4 are the optical images and corresponding acoustic interrogation echo signals
acquired before and after the ultrasound ‘activation pulse’ in water, microbubble, and droplet
emulsions, respectively. For water, no changes were observed both optically and acoustically.
Because of the high-pressure activation pulse (6-MPa negative peak pressure at 10 MHz)
some microbubbles were destroyed and many droplets were vaporised as shown in both
optical (Figure 5.4(c)-(f)) and acoustic (Figure 5.4(i)-(l)) measurements. For microbubbles,
the amplitude of the post-activation interrogation pulse echo (after the ‘activation pulse’) was
lower than that of the pre-activation interrogation pulse echo (before the ‘activation pulse’)
prior to microbubble destruction (Figure 5.4(i, j)). For droplets, the post-interrogation pulse
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Fig. 5.4 Microscopic images (a-f) and corresponding interrogation echo signals (g-l) acquired
before and after the ‘activation pulse’ in droplets and control. The black arrows in (c) point
to four large bubbles which are disappeared in (d) after the ‘activation pulse’. Bar = 20µm.
echo had a higher amplitude than the pre- interrogation pulse echo because of the increased
scattering of sound of the newly formed microbubbles (Figure 5.4(k, l)). All measurements
indicated that the 33-µs intervals between the interrogation, activation and interrogation
pulses were long enough to temporally resolve the individual pulse echo signals received
by the detection transducer. Figure 5.5 illustrates the power spectral density of the acoustic
interrogation ‘difference signal’, which is defined as the difference between the post- and pre-
interrogation pulse echoes. The shadows indicate the standard deviation of the 10 repetitive
measurements. Consistent with the results illustrated in (Figure 5.4), the difference signal
has a negative value for microbubble emulsion as a result of bubble destruction and a positive
value for droplet emulsion as a result of droplet activation.
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Fig. 5.5 Power spectral density (PSD) of the ‘difference signal’ detected with droplets and
control.
5.4.2 Quantification of droplet activation
In Figure 5.6 are microscopic images of the various dilutions of droplet emulsions ac-
quired immediately after launching the activation pulse and their corresponding optical
measurements. The dilution was characterised by the ‘relative droplet concentration’ (relative
concentrations of 0, 1%, 1.5% and 2% are illustrated as an example in Figure 5.6 (a-d)),
where ‘0’ indicates a measurement in water. The y axis in Figure 5.6(e) represents the
number of pixels (n) of activated droplets in the subtracted binary image (e.g., as illustrated in
Figure 5.3(d)), which indicates the concentration of generated bubbles and was normalised
to the result of the most diluted droplets (1%) in the measurement. The results indicate that
more droplets were vaporised with increasing droplet concentration, and the concentration
of the generated microbubbles correlated linearly to the relative droplet concentration. The
solidline represents the linear regression of the experimental data (relative concentrations
0-4%) with a R2 of 0.994, indicating good confidence in the linear relationship. The relative
concentrations > 4% (star markers) were not included in the linear fitting. Figure 5.7 illus-
trates the acoustic measurements of the droplet activation. Similar to Figure 5.5, the PSD
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Fig. 5.6 Microscopic images of variously diluted droplet emulsions acquired after droplet
vaporization. Bar = 20 µm. (e) Optical quantification as an indicator of the concentration
of generated bubbles. Data at relative concentrations >0.04 (stars) were not included in the
linear fitting.
of the acoustic interrogation ‘difference signal’is plotted in Figure 5.7(a) for various dilu-
tions of droplets (relative concentrations of 0-2% are illustrated as an example). The y axis
represents the acoustic scattered power normalised to the result of the most diluted droplets
(1%). Figure 5.7(a) illustrates that the PSD of the ‘difference signal’ increased with relative
droplet concentration as a result of the elevated droplet activation and acoustic scattering.
To quantify droplet activation acoustically, the power of the difference signal scattered by
the newly generated bubbles was calculated by integrating the PSD over spectrum (Figure
5.7(b)). The power was again normalised to the 1% diluted droplet emulsion. As the inset
in Figure 5.7(b) suggests, the power of the difference signal responds linearly to droplet
concentrations < 2%. With further increase in droplet concentration, although the optical
measurement continues to increase linearly (up to 4%), the acoustic signal begins to saturate
at relative droplet concentrations > 2%.
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Fig. 5.7 Acoustic measurement of droplet vaporisation: (a) power spectral density and (b)
power of the interrogation ‘difference signal’. Data at relative concentrations 0-2% (diamond
markers) were used in the linear fitting, as illustrated in the inset in (b).
5.5 Discussion
In this study, the acoustic vapourisation of sequentially diluted droplets was quantified
simultaneously using optical and acoustical measurements.
5.5.1 Optical measurement
To date, most optical studies have focused on the observation of individual bubbles after
droplet vaporisation to determine such parameters as the size of the microbubbles generated
and the threshold of droplet activation as a function of various parameters of the acoustic
activation pulse [164–166]. Some have also looked into the droplet vapourisation process,
for example, observation of the over-expansion during vapourisation and the sequential
unforced radial oscillation after vapourisation for individual perfluorocarbon microdroplets
using a high-speed camera [169]. This work looking at vapourisation of individual droplets
provided a useful understanding of the phase conversion process. In the present study,
the optical measurements made simultaneously with acoustic measurements were not only
used for a cross-validation of “on/off” droplet activation as in previous studies [169], but
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also analysed further to generate a quantitative indicator of the volume of the generated
microbubbles as a function of droplet concentration (i.e., the entire ensemble of nanodroplets).
The microscopic images were acquired immediately before and after the acoustic droplet
activation and the pre- and post-images were subtracted and thresholded to extract the
pixels corresponding to the generated microbubbles (converted droplets). Assuming the
individual microbubbles are in focus and not overlapping in the optical images, the total
dark pixel number n can be related to the cross-sectional area of the generated bubbles in
the slice observed by microscopy. If we assume the bubble concentration in the slice is
proportional to the bubble concentration in the vessel, n could be used as an indicator of
the concentration of the generated microbubbles within the acoustic focus. The optical
measurement indicated a linear relationship to droplet concentration for well diluted droplets
(< 4%) (Figure 5.6(e)), but linearity was not observed for the highly concentrated droplets
(e.g., > 4%). One possible explanation is that because of the out-of-plane effect in the
microscopy images, factors such as the clustering or coalescence of the generated bubbles
(most likely to occur with high concentrations) could result in underestimation of the bubble
volume (e.g., for relative concentrations > 4% in Figure 5.6(e)). It should be noted that
although it is assumed that the accumulated cross-sectional area (dark pixel number) can
be used to estimate the concentration of the generated microbubbles, the exact relationship
between this area measurement and the number of bubbles is more complex, largely because
the analysis is based on accumulated area measurement rather than on individual bubbles.
Further studies are required.
5.5.2 Acoustic measurement
In the acoustic measurement, the difference between the two interrogation pulses pre- and
post-vapourisation was determined to quantify droplet activation. The method of comparing
pre- and post- droplet activation was reported previously in [171] where a customised pulse
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sequence similar to what was used in this work was also used to form two bubble images
pre- and post- vapourisation to characterise the increase in contrast via droplet activation.
As per previously cited work [175, 170], the power in the fundamental and/or harmonic
band was traced for consecutive interrogation pulses after droplet activation to study the
growth of the generated bubbles and the threshold of inertial cavitation. In this work, the
pre- and post- interrogation echo powers were subtracted at the fundamental frequency to
quantify the acoustic power scattered from the newly generated microbubbles as a function
of droplet concentration. The fundamental frequency is used instead of using harmonics
primarily because the interrogation signal at the fundamental frequency was much higher
than harmonics. Because the measurement has a natural control signal (pre-vapourisation),
the tissue background can be subtracted, leaving only the signal sensitive to newly generated
bubbles. The acoustic quantification results indicated a linear relationship with droplet
concentration for well-diluted droplets (< 2%); however, with further increase in droplet
concentration, the acoustic measurements became saturated. The plateau in Figure 5.7(b)
may be caused by the nonlinearity of acoustic scattering by microbubbles. On the one hand,
a greater number of generated microbubbles could deflect more sound into the focus area
of the detector, potentially increasing the scattered acoustic power; on the other hand, a
greater number of activated droplets could increase the attenuation of the acoustic energy
and, therefore, possibly decrease the acoustic power received. The latter effect was most
likely responsible for the saturation of the acoustic signal for the highly activated droplet
emulsion. The acoustic measurements in this study can be expanded to imaging in diagnostic
and therapeutic applications involving the use of the nanodroplets. Harmonic detection
[170, 171] may be added in the future to provide more information on droplet activation, for
example, characterisation of the size distribution of the generated microbubbles.
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Fig. 5.8 Microscopic images of the acoustically vaporised droplets at different temperatures.
(a) Undiluted droplets activated at 21◦C. (b) Droplets diluted to 1:3 and activated at 37◦C.
Bar = 20 µm.
5.5.3 Temperature dependence
Previous studies have indicated a dependence on temperature for acoustic droplet activation.
It has been found that the efficiency of droplet activation increases with temperature and
droplet size. The same trend was observed in the optical results, as illustrated in Figure
5.8, where the measurements conducted at room temperature (21◦C) are compared with the
measurements conducted at body temperature (37◦C). Figure 5.9 illustrates the acoustic
and optical quantification measurements conducted at 21◦C. Compared with the results
measured at 37◦C shown in Figure 5.6(e) and 5.7(b), the linear relationship was again
observed; however, the linearity appeared to be expanded to the entire range of droplet
concentrations as a result of the reduced droplets activation efficacy at 21◦C. One may also
note the standard deviation in Figure 5.9 is much larger. A possible reason is that fewer
droplets were vaporised, and most of these were large outlier droplets. Figure 5.6(e), 5.7(b)
and 5.9 together illustrate the effect of the temperature on linearity in both acoustic and
optical measurements.
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Fig. 5.9 Acoustic (a) and optical (b) quantification of droplet activation at 21 ◦C. Both
measurements (50 repetitions) were normalised to the results measured using the droplets
with relative concentration of 0.2 (20%).
5.5.4 Concentration measurement
The effect of droplet concentration has been discussed in some previous work to some degree,
for example, for determining the threshold of droplet vapourisation [170] and for evaluating
the chance of successful detection of the low-frequency acoustic signatures produced by the
droplet phase conversion [169]. As an extension of current understanding, this work added
new results on establishing direct quantitative links between droplet concentration, volume
of generated microbubbles and acoustic power scattered from the generated bubbles. Once
the experimental system is calibrated, the method may be used for the rapid and quantitative
measurement of nanodroplet concentration in vitro. Considering the microbubble concen-
tration used to generate sufficient contrast in images in clinical use (∼ 105 bubbles/mL),
the droplets used in this study (∼ 5.5×109 droplets/mL) may be diluted to 1% in practice,
assuming 10% of the exposed droplets can be vaporised by the activation pulse [ 176]. It is
also useful to note that as the droplet activation efficiency may be reduced in vivo [171], for
example, because of the attenuation effect, the linear range described in this study may shift
toward the high concentrations for in vivo applications. This will be studied in the future,
as will the linear relationship for acoustic droplet activation in tissue mimicking phantoms
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[177].
5.6 A preliminary result on UOT measurement
This section studies the feasibility of simultaneous acoustic vapourisation of nanodroplets
and sonification of the converted microbubbles in a tissue mimicking phantom to increase
the strength of ultrasound modulation of light. Ultrasound images were acquired before and
after droplet vapourisation to cross-validate the UOT measurement.
5.6.1 Methods and materials
Ultrasound measurement
A pulse train containing a focused high pressure ‘activation burst’ and 256 focused low
pressure ‘imaging pulses’ was transmitted at 8 MHz using a linear array (L12-5 38mm, ATL,
Bothell, WA) on a fully programmable research ultrasound system (Vantage 128, Verasonics,
Kirkland, WA). The activation pulse consisted of 2000 cycles (0.25 ms) with a negative
pressure of 5.3 MPa (mechanical index [MI] = 1.9). The activation pulse also modulated
light and sonicated the converted microbubbles to provide additional light modulation. Two
ultrsound B-mode images were acquired pre- and post-droplet vapourisation. For each
B-mode image, 128 focal lines were transmitted with a native pressure of 0.5 MPa (MI =
0.19). The pulse repetition rate of the imaging pulses was set to 5 kHz, and the interval
between the imaging pulses and activation pulse was 0.5 s, allowing sufficient time to transit
the transmission modes (the transmit power capacitor in Verasonics system needs some
time to charge before transiting from the short pulse transmission mode to the long burst
transmission mode).
104 Perfluorocarbon based nanodroplets and a preliminary study on its use in UOT
Laser speckle contrast measurement
Similar to the experimental set up described in chapter 3 and 4, ultrasound modulated light
was detected using the CCD-based laser speckle contrast analysis. A 532 nm laser was
aligned with the focused activation burst, and the scattered light traversing a tissue mimicking
phantom was received on a CCD camera (Figure 5.10). The CCD camera was synchronised
with the Verasonics research ultrasound system. The first exposure was triggered 0.25 ms
before the ‘activation pulse’ to acquire the background laser speckle contrast. The second
exposure started when the activation pulse was transmitted to estimate the laser speckle
contrast with ultrasound. The exposure time was 0.25 ms, equal to the ultrasound burst
length, covering the entire period of acoustic droplet vapourisation, microbubble sonification
and their contributions to ultrasound modulation of light.
Fig. 5.10 A schematic of experiment set-up for laser speckle contrast UOT measurement,
the laser and the CCD were aligned with the ultrasound focal beam in a transmission
geometry, and the inclusions were made following the descriptions in section 5.6.1 - they
were nontransparent and embedded within phantoms.
Phantoms
A tissue mimicking phantom was made with 4.0% intralipid concentration by volume (optical
absorption coefficient µa = 0.2 cm−1 and optical scattering coefficient µs = 30 cm−1) and
0.8% agar concentration by weight to achieve physiologically realistic optical scattering and
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mechanical properties [111]. Two cylindrical inclusions, one containing nanodroplets (∼ 107
droplets/mL) and the other containing microbubbles (∼ 107 microbubbles/mL), were made
in a diameter of 6 mm in cross-section and 5 mm long along the optical axis. The ultrasound
modulated light originating from the microbubble inclusion and background phantom were
measured as controls. The thickness, width and length of the phantoms were 24 mm, 46
mm and 96 mm respectively. The phantom was placed in a 37 ◦C water tank to achieve the
physiologic temperature.
5.6.2 Results
Droplet vapourisation in phantoms
Before laser speckle contrast UOT measurement, only the ultrasound measurement was
conducted to confirm nanodroplets can be vaporised in a solid phantom. As illustrated in
Figure 5.10, a separate phantom was made with two transparent cylindrical inclusions filled
with nanodroplets (∼ 107 droplets/mL). The inclusions have the same mechanical property as
the inclusions used in the UOT measurement, and they were purposely made to be transparent
here to illustrate the shape and size of the inclusions.
The ultrasound pulse train used in the acoustic measurement was similar to that used in the
laser speckle contrast UOT measurement, except that 128 10-cycle activation pulses were
transmitted sweeping through the width of the B-mode images (illustrated in Figure 5.11) at
the focal depth. Figure 5.11 shows an example of the B-mode images acquired pre- and post-
the activation pulses around an inclusion. Results indicated that nanodroplets were vaporised
in the tissue mimicking phantom, and the brightness appearing after droplet vapourisation
was generated by the converted microbubbles which were confined to the same shape as the
cross-section of the cylindrical inclusion.
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Fig. 5.11 Experiment set-up for ultrasound measurement.
Laser speckle contrast UOT measurement
Shown in Figure 5.12 are the ultrasound images acquired pre- and post- the 0.25 ms ‘activation
burst’ in the laser speckle contrast UOT measurement. When the activation burst was focused
in the background phantom, the B-mode images were both dark due to the absence of
ultrasound scatterers. When ultrasound was focused at the microbubble inclusion, brightness
appeared within the cross-section of the cylindrical microbubble inclusion in both images,
and there was no noticeable change in intensity in the post-activation image. When ultrasound
was focused at the nanodroplet inclusion, brightness appeared only within the ultrasound
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Fig. 5.12 B-mode images acquired before (a) and after (b) droplet vapourisation in a tissue
mimicking phantom inclusion filled with nanodroplets (∼ 107 droplets/mL). Axis units are
in ultrasound wavelengths (0.19 mm). Dashed circles indicate the location of inclusion.
focal region in the post-activation image, indicating that droplets were vaporised during the
laser speckle contrast UOT measurement.
Shown in Figure 5.13 are the laser speckle contrast obtained before and during the
activation burst, as well as the difference indicating the strength of ultrasound modulation of
light. Compared with background phantom, the laser speckle contrast difference acquired
within the bubble and droplet inclusions were noticeably higher, indicating microbubbles
and nanodroplets increased the ultrasound modulation of light.
5.6.3 Discussion
Although nanodroplets appeared to increase the strength of ultrasound modulation of light, the
mechanisms of the additional light modulation was unclear. The additional light modulation
may come from one or multiple factors as discussed below, such as extra scatterer displace-
ment and refractive index modulation owing to (i) droplet vapourisation, (ii) ultrasound
sonification of the converted microbubbles, (iii) re-condensation of converted microbubbles
to nanodroplets in the ultrasound compression phase and re-vapourisation of nanodroplets to
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Fig. 5.13 B-mode images acquired pre- (1st row) and post- (2nd row) activation burst in
background phantom (1st column), microbubble inclusion (2nd column) and nanodroplet
inclusion (3rd column). The activation pulse was focused at the centre of each image. Axis
units are in ultrasound wavelengths.
microbubbles in the ultrasound rarefaction phase, (iv) inertial cavitation and/or destruction
of converted microbubbles, (v) increased acoustic radiation force as a result of increased
ultrasound attenuation due to the above effects. In a future work, it would be worth using a
fast detection, for example, looking at AC signals recorded on a single detector, to study and
separate above mentioned effects on ultrasound modulated light. Figure 5.13 illustrates that
although the laser speckle contrast difference acquired with nanodroplets and microbubbles
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Fig. 5.14 Laser speckle contrast (left) and laser speckle contrast difference obtained in
controls and nanodroplet inclusion. The error bars of the control were calculated by 3
repeated measurements. Only one measurement was included in the figure for the bubble
and droplet inclusions respectively.
were comparable, the former was slightly lower than the latter. The reason was unclear
because of the complexity of the interactions among ultrasound, droplets, microbubbles and
light as discussed above. In addition, the microbubble concentration could be different to the
droplet concentration, and the droplets may not all be vaporised by the ultrasound activation
pulse. It should also be noted that six nanodroplet inclusions were made and measured in the
study, and droplet vapourisation was observed in only two samples shown in Figure 5.13 and
5.14 respectively. Most of the failures were caused by spontaneous droplet vapourisation
during the phantom making process, which was confirmed by an ultrasound image of the
droplets inclusion after the phantom preparation. In the future, the phantom making protocol
needs to be improved, for example making phantoms at room temperature without heating
following the protocol described in [177], to increase the repeatability of the measurements.
5.7 Conclusion
Simultaneous acoustic and optical measurements of the pre- and post-activation of perfluorocarbon-
based nanodroplets showed a linear relationship with droplet concentrations for well-diluted
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droplets. The subtracted acoustic power became saturated at concentrations greater than
108 droplets/mL at body temperature. Compared with body temperature, room temperature
was found to produce much fewer and larger bubbles after ultrasound droplet activation. A
preliminary result also showed that droplets can be vaporised in tissue mimicking phantoms
and thereby increasing the strength of ultrasound modulation light.
Chapter 6
Summary
6.1 Conclusion
In this thesis, the acoustic radiation force (ARF) response on tissue-mimicking phantoms is
studied using the CCD-based laser speckle contrast analysis in both the early, localised phase
as well as the late, progressive phase. In chapter 3, the theory, simulation and experiment of
laser speckle contrast detection of shear waves are developed and cross-validated. Different
to the theory of ultrasound modulation of light, phase changes due to variation of refractive
index induced by shear waves can be neglected, and the autocorrelation function of light is
calculated over the entire exposure time. Simulation and experiments show tracking of shear
waves at the phantom surface and at depth, as well as multiple shear waves interacting within
the object. The simulation and experiment qualitatively matches well in terms of the exhibited
temporal features of the optical time-of-flight signal and the ’S’ shaped profile between the
peak contrast difference and shear wave amplitude. The simulation also quantitatively relates
CCD speckle contrast signal with shear waves, providing useful information to understand
the system and the underlying physics. It should be noted that while superficial shear waves
can be imaged with one CCD shot using the local speckle contrast analysis (analogical to
ultrasound shear wave imaging using a plane wave), a 2 dimensional shear wave tracking
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at tissue depths requires point-by-point scanning using the differential method (see Figure
4.1) since the local information carried by the light modulated by shear waves within tissue
would be washed out by multiply scattering of light. This indicates a significantly reduced
frame rate compared with current ultrasound shear wave elastography. However, since optical
wavelengths are much smaller than the wavelength of ultrasound, one potential advantage of
using the laser speckle contrast detection could be the sensitivity of shear wave detection. A
future work is to compare the sensitivity and accuracy of the laser speckle contrast analysis
with ultrasound techniques. The comparison is particularly interesting in samples where
shear wave propagation is highly attenuated, e.g. in liver tissue.
In chapter 4, dual shear wave interference is studied further using laser speckle contrast
detection. Results show two counter-propagating shear waves produce a modulation pattern
consisting of two major peaks during early arrival of shear waves and a number of "ripples"
thereafter. The modulation pattern was suggested by the simulation developed in chapter 3
as a result of the dual shear wave interference and their reflections at boundaries. Further
simulation suggested that the constructive interference of the positive and negative temporal
derivative of shear wave displacements are mainly responsible for the first and second major
peaks respectively. Compared with single shear wave induced laser speckle contrast signal,
the dual shear wave modulation pattern produces an improved definition of the temporal
features in the time-of-flight measurement and an improved signal-to-noise ratio due to
the constructive interferences. The first peak is shown to be least affected by shear wave
reflections, and the dual shear wave approach using the first peak for estimation of time-of-
flight is shown to improve shear wave speed measurement in terms of both accuracy and
suppression of the boundary effects in the experiment. The dual shear wave approach has
some similarity to the comb-push shear wave elastography reviewed in 2.2.4. Since the dual
shear wave method is based on laser speckle contrast detection, it has the same limitations
and potential advantages as discussed previously above when compared to the analagous
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ultrasound method.
In chapter 5, a quantitative measurement of acoustic nanodroplet vapourisation is de-
veloped and a pilot study on incorporating the perfluorocarbon-based nanodroplets with
ultrasound modulated optical tomography is explored. It is the first study to establish the rela-
tionships between droplet concentration and simultaneous optical and acoustic measurements
acquired pre- and post-droplet activation on laboratory phantoms. Both optical and acoustic
measurement demonstrated a linear relationship with droplet concentrations for well-diluted
droplets (< 108 droplets/mL). A preliminary result on incorporating the nanodroplets with
laser speckle contrast analysis based UOT suggested that a single ultrasound burst can simul-
taneously vapourise the nano droplets, sonify the converted microbubbles, and deliver ARF
in tissue mimicking phantoms to provide additional ultrasound modulation of light. However,
the result was not reproducible in this study due to the lack of a protocol that yields highly
reproducible nanodroplet inclusion phantoms. Intensive future work is needed to further
study the use of nanodroplets as a contrast for ultrasound modulated optical tomography.
The study conducted in this thesis aims to simultaneously provide optical contrast, based
on ARF-assisted ultrasound modulated optical tomography (UOT) utilising the early, local
ARF responses, and mechanical contrast, based on shear wave elastography utilising the
late, progressive ARF responses. A good potential application of the proposed dual-contrast
UOT system is for breast lesion detection. In general, benign breast lesions tend to be stiffer
than normal breast tissues but softer than cancers [178]. It was shown in [179] that benign
breast lesions had a mean elasticity value of 45.3 kPa ± 41.1, whereas breast cancers had a
mean value of 146.6 kPa ± 40.05. The quantitative elasticity contrast is potentially useful
for differentiating benign and malignant lesions. In addition, a more accurate elasticity
measurement, e.g. provided by the dual shear wave approach developed in this thesis, would
benefit the applications requiring high accuracy of elasticity quantifications such as breast
cancer staging and monitoring of the cancer treatment. However, exceptions sometimes
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can occur, for example some benign lesions such as the hyalinised fibroadenomas and fat
necrosis can be very stiff [179]. The optical absorption contrast reflecting the vasculature
density provided by the UOT signal has the potential to avoid the false positive diagnosis
given by the elasticity contrast along. Therefore the two contrast approaches studied in this
thesis (optical shear wave elasticity measurement and UOT) could be combined to improve
the specificity in breast cancer detection.
6.2 Future work
A suggested immediate future work is to continue the study on using nanodroplets as a
contrast agent for UOT. The protocol for making phantoms with droplet inclusions needs
to be improved to make sure the inclusions are highly reproducible in measurements. To
avoid spontaneous droplet vapourisation caused by an overheated ambient temperature,
nanodroplets may be incorporated with acrylamide-albumin phantoms which were made
in room temperature without heating and cooling process [177]. In addition, the protocol
of nanodroplet preparation should be also improved, e.g. microbubble condensation needs
to be conducted with a standard pressure applied, so as to improve the consistency of the
activity of nanodroplets. Then the increase of UOT signal with nanodroplets should be
quantitatively studied, in which a quantification of the nanodroplet vapourisation by the
UOT pulse can be provided using the acoustic measurement developed in Chapter 5. The
mechanisms responsible for the additional light modulation provided by nanodroplets need to
be also studied, as a separation of their contributions would be useful to understand how the
detection method could be improved. For example, if the additional light modulation is mainly
attributed to an accelerated, elevated ARF response (because of the additional ultrasound
attenuation caused by nanodroplets and converted microbubbles), the CCD exposure time
could be reduced to catch only the maximum ARF response. A reduced detection time will
reduce the speckle decorrelation effect.
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Another suggested future work is to study the sensitive and accuracy of shear wave
tracking using the laser speckle contrast analysis and compare with the shear wave speed
measured with ultrasound on a Verasonics system. Stiff inclusions of different calibrated
stiffness, size, attenuation and embedded depths (e.g. using a CIRS elasticity phantom) are
necessary to fully characterise the sensitivity and accuracy of shear wave speed measurement.
To optimise the CCD speckle contrast signal, the lens and iris should be well controlled such
that the size of received speckles matches to 4 CCD pixels [180]. In addition, the CCD
exposure time is another parameter that needs to be well studied to find the optimised values
producing the most accurate shear wave speed measurement.
A third suggested future work is to improve the simulation developed in this thesis and
extend the applications. In the current simulation, the spatial profile of ARF was defined by
a simplified ultrasound focus geometry: an ellipse with constant lateral and axial extents.
In future, the spatial profile of ARF will be modeled using a realistic focused ultrasound
field (e.g., as shown in Figure 6.1), and the amplitude of ARF could be calculated based
on the ultrasound parameters and ultrasound attenuation in media using the equation in
section 3.5.3. The aim is to establish a direct, quantitative link between the system input, the
ultrasound push beam, and the system output, CCD speckle contrast signal. In addition, light
modulation by ultrasound should be included in the simulation to study the ARF-assisted
UOT system. The simulation would be useful to study how rapidly shear wave propagation
degrades the resolution of UOT imaging, providing a means to optimise CCD exposure time
for an ARF-assisted UOT system.
The fourth future work is to improve the current experimental system towards practical
applications. The green light should be replaced by a near-infrared light to increase the
optical penetration depth. A fast CCD camera should be used to reduce the shear wave
acquisition time. Arranging the light source and detection systems in a reflection geometry
[181] has previously showed promises to implement the dual-contrast imaging system in
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practice to measure the optical and elastic properties simultaneously. A large aperture linear
transducer array, e.g. the 256 element ATL L12-5 50 mm probe, could be synchronised
with the CCD camera to simultaneously transmit a UOT pulse and ARF pushing beams
some distance away aside the UOT pulse. The transducer array will also allow electrical
scan of ultrasound beams for UOT scan and shear wave elastography formation. Finally,
the improved dual-contrast imaging approach proposed in this thesis, namely ARF- and
nanodroplet-assisted UOT and dual-shear wave elastography, will be evaluated in ex vivo and
in vivo.
Fig. 6.1 A 3D simulation of focused ultrasound field generated by a 256 element spherically
curved array.
Appendix
This appendix reviews optical coherence tomography (OCT) with a focus on the principle.
OCT is an optical imaging method analogous to ultrasound. The lateral resolution comes
from the confocal mechanism, and the axial resolution results from round-trip propagation of
light (further discussed below). Image contrast in OCT primarily originates from the intensity
of back-scattered light. Polarisation may provide additional contrast. Since the speed of
light is five orders of magnitude faster than ultrasound, OCT signals are detected based on
interference of a low coherent light, e.g. using Michelson interferometry in Figure A1. The
imaging depth of OCT is limited to 1-2 mm due to scattering of light in tissue. Consequently,
OCT has good applications in dermatology and ophthalmology, where photons are little
scattered or propagate in the ballistic regime. The derivations of time-domain and frequency
domain OCT signals are given below, which are originally reviewed in [1] and re-organised
and presented below.
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Fig. A1 Schematic of Michelson interferometry
Time-domain OCT
Electrical field
A low coherent light maybe considered as a superposition of monochromatic lights of various
wavelengths,
E(t) =
1
2π
∫ +∞
−∞
E(ω)exp(−iωt)dt. (1)
where E(t) is the scalar electric field of light and ω is the angular frequency of light.
For a single angular frequency ω , the reference beam and sample beam right before their
recombination can be expressed as,
ER(t) = rRER0(ω)exp(−i(2kR(ω)lR−ωt)), (2)
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ES(t) = rSES0(ω)exp(−i(2kS(ω)lS−ωt)), (3)
where kR and kS are wave numbers of the reference and sample beams, lR and lS are path
lengths of the reference and sample arms, measured from the splitting point at the beam
splitter (the factor of 2 represents the round-trip), ER0 and ES0 are the light amplitudes of the
reference and sample beams, and rR and rS are the amplitude reflectivity in the reference arm
and the sample arm respectively. For brevity, assuming a single backscatterer located in each
A-line, the light intensity at angular frequency ω can be calculated by
I(ω) = |ER(ω)+ES(ω)|2
= |ER(ω)|2+ |ES(ω)|2+2Re{ER(ω)E∗S(ω)}, (4)
where the interference between reference and sample beams at angular frequency ω is
described by the cross-term, and an integration of the cross-term over all angular frequencies
produces the AC component of the light intensity,
IAC = 2Re
(∫ +∞
−∞
ER(ω)E∗S(ω)dω
)
. (5)
Substituting Equation 2 and Equation 3 into Equation 5 yields,
IAC = 2rRrSRe
(∫ +∞
−∞
S(ω)exp(−iω∆ϕ)dω
)
, (6)
∆ϕ = 2kS(ω)lS−2kR(ω)lR, (7)
S(ω) = ER0(ω)E
∗
S0(ω), (8)
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where ∆ϕ is the phase difference between the reference and sample beams and S(ω) is the
power spectral density of the cross-term.
Carrier and envelope
Assuming the low coherent light source is bandlimited and centered around ω0, the following
derivations break down Equation 6 into two terms - one at the center frequency ω0 and the
other representing frequencies around ω0. If the reference and sample beams both propagate
through a uniform and nondispersive material, the wavenumbers may be approximated as the
first-order Taylor series around the center frequency ω0 as,
kR(ω) = kS(ω) = k(ω) = k(ω0)+ k′(ω0)(ω−ω0), (9)
where k′(ω0) is the derivative of k respect to ω at ω0. Substituting Equation 9 into Equation
7 yields,
∆ϕ = 2∆lk(ω0)+2k′(ω0)(ω−ω0)∆l. (10)
where 2∆l is the round-trip path length difference between the reference and sample beams.
By definition, phase velocity, vp = ω0/k(ω0), describes the speed of light at a single fre-
quency ω0, and group velocity, vg = (ω−ω0)/(k(ω)− k(ω0)) = (1/k′(ω0)), describes the
speed of envelope progression. With these in mind, Equation 10 can be rewritten as,
∆ϕ = ω0∆τp+(ω−ω0)∆τg, (11)
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where ∆τp = 2∆l/vp is the phase delay and ∆τg = 2∆l/vg is the group delay due to the
round-trip pathlength difference. Substituting Equation 11 into Equation 6 yields
IAC = 2rRrSRe
(
exp(−iω0∆τp)
∫ +∞
−∞
S(ω)exp(−i(ω−ω0)∆τg)dω
)
. (12)
If S(ω) is symmetric respective toω0, the above integration term is real. Then Equation 12
can be rewritten as,
IAC = 2rRrS cos(ω0∆τp)
∫ +∞
−∞
S(ω)exp(−i(ω−ω0)∆τg)dω. (13)
The cosine before the integral represents a carrier oscillating as a function of the phase delay
at center frequencyω0. The integral represents an envelope as a function of the group delay,
determining the axial point spread function of OCT.
Axial resolution
Assuming S(ω) has a Gaussian distribution:
S(ω) =
1√
2πσω
exp
(
−(ω−ω0)
2
2σ2ω
)
, (14)
where σω is the standard deviation of the Gaussian spectrum. Substituting Equation 14 into
Equation 13 yields
IAC = exp
(
−(σω∆τg)
2
2
)
cos(ω0∆τp)rRrS. (15)
Since στ = 1/σω , Equation 15 can be rewritten in time-domain as,
IAC = exp
(
−(∆τg)
2
2σ2τ
)
cos(ω0∆τp)rRrS. (16)
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where στ is the standard deviation of the temporal Gaussian envelope. In free space, phase
velocity equals group velocity, and the phase delay and group delay can be calculated
as ∆τp = ∆τg = 2∆l/c. In addition to the relationship, σl = cστ/2, Equation 16 can be
re-written in terms of length variables as,
IAC = exp
(
−(∆l)
2
2σ2l
)
cos(2k0∆l)rRrS, (17)
where k0 = 2πc/ω0 is the wavenumber of light at the center wavelength. The axial resolution
of OCT is defined as the full width of half maximum (FWHM) of the Gaussian profile in
Equation 17. For any Gaussian distribution with a standard deviation of σβ , the FWHM is
given as, ∆β = (2
√
2ln2σβ ). Therefore, the axial resolution of OCT in air is given by,
∆ZR = (2
√
2ln2σl). (18)
Since the standard deviation in pathlength, σl , in time, στ , in spectrum, σω , and the stan-
dard deviation in wavelength, σλ , are related with each other by, σl = cστ/2, στ = 1/σω ,
σω = (2πc/λ 20 )∆λ and σλ = ∆λ/2
√
2ln2, Equation 18 can be also expressed in terms of
bandwidth ∆λ as,
∆ZR =
2ln2
π
λ 20
∆λ
, (19)
or, in terms of coherence length lc as,
∆ZR =
lc
2
, (20)
where lc = (4ln2/π)(λ0/∆λ ), which is derived shortly in below. The axial resolution of OCT
in tissue can be then estimated by dividing the axial resolution in air by the refractive index
in tissue. The typical axial resolution of OCT in tissue ranges from 1-10 µm, comparable to
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the resolution provided by an extremely high frequency ultrasound (∼ 300 MHz). Therefore,
OCT usually has a finer resolution than current ultrasound imaging.
Coherence length
The coherence length of light is defined as the pathlength over which the electrical field is
substantially correlated. The coherence length lc is related with coherence time τc by, lc = cτc.
If the statistical properties of the light field do not vary with time, the coherence timeτc can
be characterised as the FWHM of the autocorrelation function G(τ) =
∫+∞
−∞ E(t)E(t+ τ)dt.
According to the Wiener-Khinchin theorem, the autocorrelation function and the power
spectral density are Fourier transform pairs, S(ω) =
∫+∞
−∞ G(τ)exp(iωτ)dτ . Therefore the
FWHM of the autocorrelation function can be calculated as, ∆τ = 2
√
2ln2στ = 2
√
2ln2/σω ,
and the coherent length can therefore be derived as,
lc = cτc = c∆τ
=
2c
√
2ln2
σω
=
2c
√
2ln2
2πcσλ/λ 2
=
4ln2
π
λ 20
∆λ
, (21)
where S(ω) in Equation 14 is used in the derivation.
Lateral resolution
The lateral resolution of OCT is typically defined as the width of the focal sample beam,
which is independent of the coherence length. Assuming the sample beam has a Gaussian
intensity profile, the lateral resolution of OCT is given by,
∆rR =
2λ0
πNA
. (22)
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where λ0 is the center wavelength, NA = D/2 f , f is the focal length of objective lens and
D is the diameter of the beam transmitted through lens. The focal depth within which the
lateral resolution is considered to be maintained is given by,
∆Z f =
π∆rR2
2λ0
. (23)
indicating a compromise between the lateral resolution and the focal zone. Therefore dynamic
focusing along depth maybe required for a depth priority scanning if a high-NA objective
lens is used.
Image formation
Equation 17 shows that the OCT signal vanishes with an increased path length difference
between the reference and sample beams. Therefore, for a given imaging depth, the reference
arm has to be adjusted such that the path length of the reference beam and sample beam
match. An A-scan can be achieved by adjusting the reference arm. One way to adjust the
reference arm is to oscillate the reference mirror using a transducer (Figure A1). A more
rapid way is to use a angular scanning mirror, in which the reference beam is first Fourier
transformed (both temporally and spatially) through a diffraction-lens pair, and then a phase
ramp in its spectrum are added by tilting the mirror, resulting in a group delay in time when
the beam inversely propagates back though the entire optics. At each imaging depth, the AC
component of an OCT signal is first extracted through a high-pass filter, and then rectified
and low-pass filtered for envelope detection. Once a A-line is produced, a B-scan image or a
C-scan tomogram can be achieved by scanning the optical focus in a transverse plane.
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Fourier-domain OCT
A time-domain method usually has a Fourier-domain equivalence. Fourier-domain OCT
is motivated by the need for a higher imaging frame rate. In Fourier-domain OCT, all
backscatterers on a A line are measured at the same time without scanning along depth.
The measurement is based on the spectral interferometry shown in Figure A2. When the
reference and sample beams are recombined, the recombined beam is dispersed and deflected
by a grating. Each spectral component interferes and forms a spectral interferogram which
is typically recorded on a 1D optical detector array. Once the interferogram is acquired,
information along depth (an A-line) can be derived with an inverse Fourier transformation.
Fig. A2 Schematic of frequency-domain OCT
Depth encoding
As all back-scatterers along an A-line are measured simultaneously in Fourier-domain OCT,
multiple scatters at various depth are considered in the derivation below. As a result, the
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reflectivity of the sample beam, which is also the object function to be imaged, should be
described by the reflectivity density as a function of depth:
r′s(ps) = rs(ps0)δ (ps− ps0), (24)
where rs(ps0) is the reflectivity of a discrete backscatter located at ps0 , and the reflectivity
density r′s(ps) around ps0 is calculated through a delta function. Since attenuation of light is
ignored in Equation 1, r′s is in fact the apparent, rather than the true reflectivity density in the
sample beam. With r′s, the electrical field of sample beam in Equation 3 can be modified as,
ES(ω) = ES0ω
∫ +∞
−∞
r′s(lS)exp(−i(2kS(ω)lS−ωt))dlS. (25)
For the reference beam, the electric field remains the same as Equation 2, rewritten here as,
ER(ω) = rRER0(ω)exp(−i(2kR(ω)lR−ωt)). (26)
If dispersion is neglected, we have
kS
nS
= kR = k =
ω
c
, (27)
where nS denotes for the averaged refractive index of the medium in the sample beam.
For brevity, the refractive index of the medium in the reference arm is set to one in 27.
Rewriting the light intensity in Equation 4 yields the spectral interferogram as a function of
the wavenumber k:
I(k) = |ER(kc)+ES(kc)|2 . (28)
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Assuming the reference and sample beams have the same intensity after splitting, substituting
Equation 25 and Equation 26 into Equation 28 gives
I(k) = S(k)r2R+2S(k)rR
∫ +∞
−∞
r′S(lS)cos(2k(nSlS− lR))dlS
+S(k)
∣∣∣∣∫ +∞−∞ r′S(lS)exp(−i2knSlS)dlS
∣∣∣∣2 (29)
where S(k) is a quarter of the power spectral density of the original light source. The first
term on the right hand side of Equation 29 is the reference intensity term. The second term
represents the interference between the reference and sample beams, encoding r′S(lS) in the
integration as a cosine function. The last term is the sample intensity term, representing
self-interference among the partial waves back-scattered from targets located at various
depths. If we rewrite the cosine function in the second term as,
cos(2k(nSlS− lR)) = cos(2π · 1λ ·2(nSlS− lR)). (30)
an interesting finding is that the cosine function has a frequency 2(nSlS− lR) of 1/λ . That is
to say, for a given reference arm length, the deeper the partial wave is backscattered from,
the higher frequency r′S(lS) is encoded with - the depth resolved information is encoded in
the Fourier domain of the interferogram as a function of 1/λ .
A-line image
For brevity in the derivation below, the reference point for pathlength calculations is shifted
to match the length of the reference arm (Figure A2). Therefore, lR becomes zero, and the
reference point for the sample beam becomes the imaged reference mirror in Figure A2. If
the reference point is set outside of the sample, which is usually the case since otherwise the
two sides around the reference point will share encoding frequencies and cause ambiguity,
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an even function rr′S(lS) can be used as follows
rr′S(lS) = rr
′
S(−lS) =

r′S(lS) i f lS ≥ 0
r′S(−lS) i f ls < 0
. (31)
With rr′S(lS), Equation 29 can be rewritten as,
I(k) =S(k)
[
r2R+ rR
∫ +∞
−∞
rr′S(lS)exp(−i2knSlS)dlS
+
1
4
∣∣∣∣∫ +∞−∞ rr′S(lS)exp(−i2knSlS)dlS
∣∣∣∣2
]
.
(32)
with the cosine function in the second term being replaced by the exponential function using
the Euler’s formula. With a variable substitution, lS = l′S/2nS, Equation 32 can be expressed
using the Fourier transformation symbolF as,
I(k) = S(k)
{
r2R+
rR
2nS
F
[
rr′S(
l′S
2nS
)
]
(k)+
1
16n2S
∣∣∣F[rr′S( l′S2nS )
]
(k)
∣∣∣2}. (33)
In order to decode rr′S(lS) from above equation, taking an inverse Fourier transformation of
Equation 32 yields,
F−1{I(k)}(l′S) =F−1{S(k)}(l′S) *[ r2R
2nS
δ (
l′S
2nS
)+
rR
2nS
rr′(
l′S
2nS
)+
1
16nS
ρ{rr′S(
l′S
2nS
)}
] (34)
where * denotes for the autocorrelation operator, and the following properties of the Dirac
delta function, δ (l′S) = δ (
l′S
2nS
)/2nS, as well as the Wiener-Khinchin theorem, ρ{ f (l′S)}=
1
2π
∫+∞
−∞ |F(k)|2exp(ikl′S)dk, are used in the derivation. With the variable changing back to lS,
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Equation 34 is rewritten as
F−1{I(k)}(2nslS) =F−1{S(k)}(2nlS) *[ r2R
2nS
δ (ls)+
rR
2nS
rr′(lS)+
1
16nS
ρ{rr′S(lS)}
] (35)
in which the A-line image is represented by the second term in the bracket. However, the true
image is contaminated by spurious images produced by the first term and the third term. If
the region of interest is some distance away from the reference point, the first term becomes
zero. Unfortunately, removing the spurious image due to the third term can be challenging.
In addition, the convolution with F−1{I(k)}(2nSlS) blurs the image. One way to recover
the true image is first to measure the reference intensity term (first term in Equation 29) by
blocking the sample beam and then measure the sample self-interference term (third term in
Equation 29) by blocking the reference beam. Once the two terms are measured, they may
be subtracted from Equation 29.
Phase sensitive OCT
Phase-sensitive OCT is a method used in recent optical coherent elastography (OCE) for
tissue movement (displacement) measurement [182–185]. It is a derivative of the Fourier-
domain OCT, in which the depth-resolved complex values are obtained after the Fourier
transformation in Equation 28, and the phase information provided is used for displacement
detection. Since the phase of the OCT signal can be random in tissue, displacement is usually
derived from phase difference between two successive acquisitions by,
u =
λ∆Φ
4πn
, (36)
130
where u is the scatterer displacement along the beam axis, ∆Φ is the phase change, λ is the
centre wavelength of light source, and n is the mean refractive index along sample beam
path.
In theory, e.g. without noise, the maximum displacement that can be detected is half of the
light’s centre wavelength, limited by the maximum unambiguous round-trip phase difference,
2π . The minimum detectable displacement is determined by the phase sensitivity of an OCT
system, which is inversely proportional to the signal-to-noise ratio. The dynamic range of
the displacement measurement using phase sensitive OCT can typically exceed 100 [186].
Compared with other OCT displacement measurement methods, such as speckle tracking
via cross-correlation of OCT images [187] or deriving displacement from the frequency
shift of OCT signals [60], phase sensitive detection typically has a larger dynamic range,
higher sensitivity and faster acquisition rate [186]. Therefore, phase sensitive OCT is used
to date in all shear wave OCE studies [60, 61, 54, 68, 63–67], except in [59], where shear
waves were detected by an innovative en f ace approach using full-field optical coherence
tomography [188].
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